Beam theory and finite element approaches to modelling the stresses in the second metatarsal during running by Ellison, M
1 
 
 
 
 
Beam theory and finite element approaches to modelling the 
stresses in the second metatarsal during running 
 
 
Submitted by Matthew Arrun Ellison, to the University of Exeter as a thesis for the 
degree of Doctor of Philosophy in Sport and Health Sciences, March 2020. 
 
 
 
This thesis is available for Library use on the understanding that it is copyright 
material and that no quotation from this thesis may be published without proper 
acknowledgement. 
 
 
 
I certify that all material in this document which is not my own work has been 
identified and that no material has previously been submitted and approved for 
the award of a degree by this or any other University. 
 
 
(Signature) ……………………………………………………………………………… 
  
2 
 
Abstract 
Stress fracture of the second metatarsal is a problematic injury amongst runners, 
requiring long recovery times. The physiological mechanisms by which a stress 
fracture may develop are reasonably well understood, however there is poorer 
understanding of the training variables which may lead to increased risk of injury. 
This is compounded by the difficulty of directly measuring metatarsal stress. The 
aims of this thesis were to develop both 2D beam theory and 3D finite element 
models with participant-specific parameters to investigate the stresses 
experienced by the second metatarsal during running. The models would be used 
to answer an applied question regarding the differences in second metatarsal 
stress between rearfoot (RF) runners and non-rearfoot (NRF) runners. 
A single data set was collected consisting of 20 runners, including 12 habitual 
rearfoot and 8 habitual non-rearfoot strikers. Synchronised force, pressure and 
kinematic data were collected during barefoot running (3.6 ms-1) in addition to 
three plane magnetic resonance data of the right second metatarsal of each 
participant. 
The first modelling study developed and evaluated a 2D beam theory model 
incorporating vertical and horizontal ground reaction forces under the metatarsal 
head and toe and utilising participant-specific geometrical information from 
magnetic resonance images. Peak stress and input variables were compared 
between RF and NRF groups and statistical parametric mapping analysis allowed 
comparison of the stress time histories between groups. Results demonstrated 
that ground reaction forces under the metatarsal head were greater in the NRF 
group at the time of peak stress, but that peak stress did not differ between 
groups. The SPM analysis found greater stress in the NRF group during early 
stance. 
The second modelling study developed and evaluated a 3D finite element model, 
incorporating distributed loading and soft tissue effects between the metatarsal 
head and the ground. A two-part metatarsal bone consisting of trabecular and 
cortical layers was reconstructed from magnetic resonance images, in addition to 
the soft tissues surrounding the metatarsal bone. Three time points during stance 
were analysed; maximum braking (minimum horizontal ground reaction forces), 
maximum vertical ground reaction force, and maximum propulsion (maximum 
horizontal ground reaction forces). Maximum von Mises stress and input 
variables were compared between groups at all three time points. Results 
showed that vertical ground reaction forces under the metatarsal head were 
greater in NRF runners at all time points, but stress did not differ between groups 
at any time. 
When using the two models the same overall findings were observed, suggesting 
that external forces do not represent internal loading well. The magnitudes of 
stress were not different between groups at the time of peak stress (2D model) 
or the times of maximum braking, maximum vertical ground reaction force or 
maximum propulsion (3D model), suggesting that habitual foot strike modality 
does not affect the risk of stress fracture via this mechanism. 
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1. Introduction 
Running is a fundamental and ubiquitous human movement pattern. The 
popularity of running as a sport has been increasing since the 1970’s (van der 
Worp et al., 2015) and many people take up running as a hobby either for 
competitive reasons or for the numerous health benefits it provides. In England a 
recent survey (Sport England, 2018) suggested that 15.4% of the population had 
run at least twice for exercise in the preceding 28 days. This gives an estimate of 
6.9 million people running on a regular basis in this country alone. Comparison 
with the previous year’s survey suggests that this number is stable in England.  
Recreational running takes place over a range of distances; long distance running 
begins at a distance of 5 km and proceeds up to marathon distances and beyond. 
Part of the appeal of running is the lack of required equipment or specialist skills 
needed to take it up and as a result of this running takes place in many 
environments with many variations in training parameters. As a result, it is unclear 
as to which particular environments and training factors are best for performance 
and injury prevention. 
Running is an effective way to build cardiovascular fitness and has numerous 
well-documented health benefits. Importantly, physical fitness is strongly linked 
with longevity (van der Worp et al., 2015, Fields et al., 2010) with regular physical 
activity reducing the risks of coronary heart disease, cerebrovascular disease, 
hypertension, type II diabetes, various cancers, and osteoporosis (Lee et al., 
1997). A recent study has suggested that physical inactivity is responsible for 6% 
of coronary heart disease burden worldwide, 7% of diabetes, and 10% each of 
colon and breast cancers (Lee et al., 2012) and the same study also suggesting 
that inactivity is responsible for 9% of premature mortality, while another 
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systematic study (Samitz et al., 2011) suggests that vigorous exercise and sports 
shows the largest reduction in all-cause mortality with moderate activities of daily 
living being beneficial, but to a lesser extent. Other studies have specifically 
associated running or jogging with reduced mortality and disability (Chakravarty 
et al., 2008, Lee et al., 2014, Schnohr et al., 2013, Wang et al., 2013). Given its 
associations with health benefits and longevity it appears that promoting running 
as a sport or recreational activity is a simple and effective way to increase public 
health and reduce burden on health systems, particularly for non-communicable 
diseases that appear later in life. 
Any exercise regimen or sports training brings with it the risk of injury, with certain 
injuries associated with certain kinds of training. For long distance runners, there 
is a particularly high incidence of lower limb injuries, with one systematic review 
finding the incidence to range from 19.4% to 79.3% across the 17 studies it 
included (van Gent et al., 2007). The most injured site was the knee (7.2% to 
50%) followed by the lower leg (excluding the foot) (9% to 32.2%) and then the 
foot, which contributes between 5.7% and 39.3% of injuries. If these figures are 
representative of the population as a whole then this represents around 407,000 
injuries to the foot per year due to running in England alone, based on the 
estimate of running participation stated above (6.9 million) (Sport England, 2018).  
Injury is detrimental as it diminishes the pleasure derived from exercise and limits 
participation, sometimes for an extended period of time, or may cause a 
permanent withdrawal from the activity. Injury can be divided into two categories 
depending on how they occur; acute injuries happen suddenly and can be traced 
back to a single incident, whereas overuse injuries occur gradually. Most injuries 
in running are overuse injuries with one study suggesting that they represent 80% 
of all running injuries (van der Worp et al., 2015). 
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One type of overuse injury common to running is stress fracture of the lower limb. 
These injuries typically manifest as small cracks on the bone, often with bony 
edema. Stress fractures represent a particular burden, in that the time taken to 
heal and therefore return to training is long - of the order of 12 weeks for 
metatarsal stress fractures (Wood et al., 2014). Matheson et al. (1987) suggests 
that stress fracture accounts for 20% of sports medicine clinic visits from athletes 
and it is not clear if this figure has changed in more recent years. The second 
metatarsal (MT2) is a problematic site of stress fracture (Bennell et al., 1998, 
Bennell et al., 1996, Milgrom et al., 1985, Gross and Bunch, 1989, Iwamoto and 
Takeda, 2003, Orava, 1980, Firminger et al., 2017) with between 8% and 23% of 
all stress fractures in the athletic populations studied occurring in the metatarsals, 
and 80% of these located at the second or third metatarsal (Firminger et al., 
2017). Based on previously outlined estimates, this suggests that approximately 
110000 – 300000 runners will experience a metatarsal stress fracture in England 
each year. Of those, 88000 – 240000 will be located in the second or third 
metatarsals. It would therefore be beneficial to understand the particular factors 
and possible training errors that lead to this injury, such that preventative 
measures or interventions can be taken to reduce the risk of injury. 
Metatarsal stress fractures have been observed all along the shaft  (Orava, 1980), 
with non-proximal fractures more likely than proximal fractures (Chuckpaiwong et 
al., 2007). Murphy et al. (2003) found that intrinsic factors such as foot 
morphology and decreased bone mineral content were risk factors for lower limb 
stress fracture. However, they found that other intrinsic factors such as gender, 
height, weight and body fat percentage did not differ between athletes developing 
stress fractures and those that did not. This suggests that stress fracture is likely 
to be caused by a complex interaction of extrinsic factors, such as training 
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choices, and intrinsic factors, such as foot morphology, leading to increased 
loading in certain areas of the bony tissue. It is generally agreed that stress 
fractures are caused by repeated loading cycles at sub-failure load magnitudes 
(Milgrom et al., 2002) and due to this, understanding the repeated loading which 
the tissue undergoes is likely to provide invaluable information regarding causes 
and mechanisms for the development of this type of injury. As such, quantifying 
the loading experienced by the bones during running is warranted.  
Foot strike modality defines the manner in which the foot meets the ground during 
the running stride. Changing the kinematics of the foot at the point of impact with 
the ground has implications for the loading of foot tissues. For example, Nunns 
et al. (2013) found that those who landed on the more anterior parts of the foot 
had greater plantar pressures under the metatarsal heads. It is likely, therefore, 
that foot strike modality could affect the loading experienced by the metatarsal 
bones, and through this influence the risk of stress fracture. 
Direct measurement of forces acting on internal tissues of the body is difficult and 
invasive to carry out, therefore a mathematical modelling approach is often used 
to estimate these factors (Nunns et al., 2017, Gross and Bunch, 1989). For 3D 
models with continuous geometry such as models of bones, the finite element 
method is appropriate for investigating loading and stress (Halloran et al., 2009). 
Models of varying complexity have been used in the past to investigate loading 
in the foot. However, in general, these models have been either over-simplified, 
non-participant-specific or used to investigate loads not relevant to running, such 
as quiet standing or walking (Stokes et al., 1979, Jacob, 2001, Gross and Bunch, 
1989, Nunns et al., 2017, Gefen, 2002, Lemmon and Cavanagh, 1997). 
Development of a model specifically investigating the loads in the second 
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metatarsal during distance running would allow the identification of training 
variables that contribute to stress fracture injury and therefore allow interventions 
to reduce this injury type to be assessed.  
This thesis focusses on the challenge of measuring bone loading in the second 
metatarsal during running, developing both 2D beam theory and 3D finite element 
approaches to estimating bone stresses. These modelling approaches are 
evaluated and compared. They are also used to answer an applied question: how 
do stresses in the second metatarsal compare between two groups habitually 
using differing foot strike modalities?  
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2. Literature Review 
A review of existing literature is important in order to understand previous 
research and the current level of knowledge regarding the aetiology of this injury, 
and therefore to plan where future studies may contribute to the body of 
knowledge. In this review the current theory of stress fracture and risk factors is 
investigated, including the methods of measurement of these risk factors. 
2.1 Stress Fracture of Bone 
In order to understand and interpret how any measured or modelled loads might 
affect bony tissue and possibly cause injury, an understanding of the human 
skeletal system is needed. This review section covers the structure and function 
of bones and includes relevant physiological processes that influence how a bone 
may react to a particular loading scenario. 
2.1.1 Bones and their Function 
Bones are the individual components of the framework of the skeleton, which 
makes up the underlying structure of the human body. The function of the 
skeleton and therefore bone is both mechanical and physiological.  
From a mechanical perspective the geometry and material composition of bones 
enable the skeleton to have structure and shape, articulate joints and facilitate 
movement by acting as levers and allowing muscles to transfer forces from one 
part of the body to another. The bones of the skeleton are often classified by their 
shape, which also defines their function. For example, the flat bones of the skull 
are primarily suited for protection, whilst long bones such as the femur are suited 
for force transmission and leverage. The metatarsals follow the classic shape of 
a long bone, having a narrow cylindrical shaft (diaphysis) and wider flared ends 
(epiphysis) which articulate with other bones (Figure 1). 
26 
 
 
Figure 1: An MR image of the second metatarsal, showing long narrow shaft (red arrow) and wider ends 
for articulation (blue arrows). 
A fact of the design of the human body is that most of the muscles and joints work 
at a mechanical disadvantage. This creates certain benefits, for example when 
flexing the leg, the foot will move much faster than the flexor muscles contract in 
the thigh, and there will be no “web” of muscle between the thigh and shank to 
hinder the movement or range of motion (Martin et al., 2015). However, a simple 
mathematical calculation will reveal that the forces produced in the muscles and 
therefore transmitted by the bones are an order of magnitude higher than the 
weight of the foot. An example of such a calculation relevant to the metatarsals 
can be seen in a study by Stokes et al. (1979) where it was shown that the second 
metatarsal had a maximum axial force equivalent to 84% BW acting on it during 
normal walking and was subject to a bending moment of 1.4 BW∙m. For 
consideration it should be noted that each foot distributes the force over a number 
of metatarsals and soft tissues and that the second metatarsal is a small bone, 
with a typical cross sectional area of less than 2x10-4 m2 at the midshaft (Gross 
and Bunch, 1989). In addition each foot contains approximately 1.4% of total body 
mass (Dempster, 1955), meaning the metatarsal experiences axial forces 
equivalent to 60 times the weight of the foot. Therefore, the bone must be capable 
of withstanding almost the full bodyweight of a person during a dynamic 
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movement despite its very small size. For more vigorous activities such as 
running or jumping, forces can be much higher, of the order of several times 
bodyweight depending on the activity.  
An evolutionary adaption to favour speed and easy movement has resulted in the 
need for bones to be resilient to large forces and to do this over the course of 
many loading cycles throughout a lifetime. Bony tissue is therefore extremely 
strong and has several adaptations that facilitate effective force transmission. It 
is described in the literature as “A hierarchically-organised material that is 
constructed as a fibre-reinforced composite material.” (Martin et al., 2015). 
Meaning that the structure at the nano or micro-scale directly affects the 
performance of the material on a macro-level and that it is not comprised of a 
single material. 
Bone has a multi-material composition that allows it to be both strong and flexible 
(Martin et al., 2015). However, it also allows it to be anisotropic and its strength 
in a particular direction is dependent on the arrangement of the fibres. In normal, 
healthy bones the fibres align to provide greatest strength in the direction of 
greatest loading. For example it has been shown that the trabeculae structures 
lie in lines that correspond to the principle stress lines seen under loading (Martin 
et al., 2015, Yettram and Camilleri, 1993). In long bones this generally occurs in 
the direction parallel to the longitudinal axis of the bone, however metatarsal 
bones present one of the few examples where this is not the case. As a result of 
their location and orientation they are loaded at the distal end almost 
perpendicular to the longitudinal axis of the shaft (Figure 2). Simple geometry 
suggests that this will result in a larger than usual amount of bending in the shaft 
when compared with other long bones. 
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Figure 2: Schematic of the second metatarsal and toe, showing typical angle made with the ground and 
loading forces 
Two types of bony material, known as trabecular or cancellous bone and cortical 
or compact bone, make up a whole bone. In addition to these two distinct types 
of material, the bone can also be highly organised, described as lamellar, or 
disorganised. Cortical bone can be found on the outside of bones, it is dense and 
well organised into sheets of lamellar bone layered on top of one another. In a 
long bone, the diaphysis is mostly cortical bone. Trabecular bone is found inside 
the cortical layers and has a sponge-like and less organised appearance. In a 
long bone, the epiphysis contains the majority of the trabecular bone (Figure 3). 
 
Figure 3: A weighted contrast MR image of the second metatarsal, a lighter colour on the image 
represents less dense bone material. The trabecular bone represents a large portion of the bony material 
especially at the epiphysis, whilst cortical bone is much more prevalent in the diaphysis. 
 
Mechanically the two forms of bone are different in their resistance to 
compressive and tensile forces. For cortical bone the ultimate stress is 195 MPa 
under longitudinal compression compared to 133 MPa under longitudinal tension, 
making the bone approximately 1.4-1.5 times stronger under compression than 
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tension. This is important as the bones in the body are most commonly loaded 
under compression. Trabecular bone has a much lower threshold, between 1.4 – 
5.6 MPa under both compression and tension. Additionally cortical bone is much 
weaker in the transverse direction than longitudinally (133 MPa for compression, 
51 MPa for tension) (Martin et al., 2015). 
2.1.2 The Bone Remodelling Process 
Due to the large and repetitive forces that bones are subjected to, the ability to 
repair themselves and adjust their shape and mechanical properties according to 
the loading they are subjected to is a very important function. In fact, the ability 
to repair damage allows the bones to balance tissue mass against strength in a 
way that is not seen in materials outside of nature. A lighter bone is theoretically 
less strong than a heavier bone, yet a bone’s ability to repair damage means it 
can afford to be lighter to optimise performance. Lighter bones will allow better 
performance of the organism, for example moving the same limb with a lighter 
bone will require less force and therefore will cost less energy, or the same force 
will allow the lighter limb to move faster. 
There are three main processes for mechanical adaptation of bones to occur: 
growth, modelling and remodelling. Growth is the process by which a bone gains 
mass by calcifying cartilage. It occurs during the formative years of life and ends 
after puberty, therefore from an injury perspective it is not relevant to this thesis. 
Modelling can change the shape of a growing bone by adding or removing bone 
material in the required areas. This is useful as whilst a growing bone will gain 
mass, it will not necessarily be mechanically sufficient to manage the loads of a 
growing human body without a change in shape. Remodelling is a process that 
occurs throughout a person’s lifetime and it is the process by which existing bone 
is replaced by new bone. Existing bone is replaced when it is damaged or 
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mechanically fatigued. The bone that it is replaced with is usually more resilient 
to the loading that caused the damage. In this way, whilst the size and shape of 
a bone may not change, remodelling allows the mechanical properties to vary 
and be sufficient for the loading experienced. The remodelling process is thought 
to be heavily involved in the development of stress fracture (Lassus et al., 2002). 
Remodelling occurs at sites all over the skeleton simultaneously, but the process 
at each site will follow the same pattern, called ARF: Activation, Resorption and 
Formation. In the activation stage, loading of the bone causes both chemical and 
mechanical triggers to activate a basic multicellular unit (BMU) at the site of 
damage. The BMU consists of osteoclasts and osteoblasts which act to resorb 
and form bone respectively. Initially the osteoclasts will act to resorb bone in a 
tunnel (in bone) or trench (on the surface of bone) shape, roughly 200 µm in 
diameter (Martin et al., 2015, Schaffler and Jepsen, 2000). The resorption 
progresses at around 40 µm/day along the tunnel and 5 µm/day in a radial 
direction. Once a cross section of the tunnel has reached maximum diameter, 
osteoblasts act to replace the bone. The progress of formation is much slower 
than resorption. A complete cross section of tunnel can be excavated by 
osteoclasts in around three weeks, however, it will take osteoblasts around three 
months to refill it. The complete remodeling of the whole tunnel will take 
approximately four – six months. 
The processes by which a BMU is activated are currently unclear, however 
mechanical loading is generally held to be a primary driver. Activation is thought 
to be controlled in part by a mechanostat principle (Frost, 1987). This states that 
there is a minimum effective strain required to activate a remodelling response, 
this is postulated to be a range rather than a point, and the theory states that only 
strains outside this range evoke a response. Consistent strains below the range 
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cause a negative response, causing an overall loss of bone, strains above this 
range cause a positive adaptive response thereby increasing bone mass. The 
loading factors to which bone is sensitive appear to be a combination of 
magnitude, frequency and rate and are governed by the principles of 
mechanotransduction (Duncan and Turner, 1995) stating that physical loading is 
converted to biological signals which are in turn acted upon by cells. Loading 
magnitude is generally given in units of microstrain (µε). In experimental testing, 
it appears that the response mechanism activates to keep strain between 2000 
µε and 3000 µε in vigorous activities. For example, if a particular activity causes 
strains above this range then the remodelling process will cause the bone to be 
mechanically stronger such that the activity causes lower strain levels. 
Conversely, consistently low levels of strains will cause the bone to lose strength 
overall. 
In addition to the magnitude of strain, the frequency of loading and the rate of 
loading contribute to the activation of a remodelling response. For example very 
low magnitude strains repeated with relatively high frequency will contribute 
significantly to bone’s adaptation response. The manipulation of frequency, 
magnitude and rate can be shown to maintain the same bone mass (Qin et al., 
1998). For example 10 minutes of daily loading at 1 Hz requires 700 µε to 
maintain mass, but 10 minutes of daily loading at 30 Hz requires only 400 µε to 
maintain mass. By increasing the daily loading and frequency still further, strains 
of magnitude of only 100 µε can be seen to maintain bone mass. Similarly studies 
manipulating the rate of loading whilst keeping the magnitude as a constant show 
that increased rate induces a larger bone response than a lower rate (Mosley and 
Lanyon, 1998). This is important as running will subject the tissues of the foot to 
increases in all three factors in comparison to other daily activities, such as 
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walking. These factors can be manipulated by the runner. For example, 
increasing the step rate will increase the frequency of loading whereas footwear 
may influence both the rate and the magnitude of loading. 
Activities that the body is unaccustomed to are likely to cause an adaptive 
response, and this adaptive response will result in bone loss as osteoclasts tunnel 
out sections of bony tissue before any gain in strength is created. For the running 
population the nature of training is such that there will be periods where 
purposeful overloading is required to increase performance. This usually takes 
the form of increasing distance or velocity, which will result in a change in loading 
magnitudes, rates, and frequencies as well as the overall number of loading 
cycles. In this case unaccustomed loading does not require a novel movement 
pattern, merely a manipulation of training factors. In conclusion, for the running 
population, a change in training variables could initiate a healthy remodelling 
response. If the new loading is not excessive, this may weaken the bone in the 
short term, but given a sufficient recovery period, will result in a stronger bone in 
the long term. If the remodelling process is interrupted or loading is ongoing 
during this phase then the chance of fracture may be increased, as outlined 
below. 
2.1.3 Fracture via Fatigue 
In general a material can be made to fail in two ways: in the first a load is applied 
that is greater than the ultimate stress of the material and this causes immediate 
failure; in the second a load less than the ultimate stress is applied repeatedly or 
constantly (called fatigue and creep respectively). In the case of stress fracture 
development, immediate failure is irrelevant, and will therefore not be considered 
here. In most materials both constant and repeated loading types can occur 
simultaneously. For example in bones, creep occurs from the constant support of 
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bodyweight, whilst fatigue occurs from daily activities such as walking or running. 
Although creep and fatigue are closely related, stress fracture in running is 
assumed to be caused by fatigue and this will be the focus here. When repeatedly 
loaded sub maximally, bone will develop microcracks (cracking on the 
microscale), which impair the normal mechanical properties of the bone as a 
whole. Increased cracking decreases the elastic modulus of bone, exacerbating 
the effect of further loading by allowing increased deformation, ultimately leading 
to further cracking. In a simple model the bone will fail if the accumulation rate of 
damage from fatigue outpaces the remodelling repair rate. However because the 
remodelling process removes bone tissue before it is replaced, if too much 
remodelling is activated in a particular section of bone then the removal of tissue 
may result in failure. From the perspective of stress fracture development, the 
fatigue life of bone is inversely related to the magnitude of any repeated loads 
(Edwards et al., 2009) meaning that as the magnitude of loading increases the 
number cycles needed to cause failure will decrease.  
In general the laminate and fibrous nature of bone is advantageous in terms of 
microcracking. As a crack propagates it moves through many different materials 
and the differing properties allow it to be deflected along a direction that is less 
problematic, for example along the lines of lamellar tissue, which prevents 
transverse cracking. This increases the amount of cracks and therefore how 
much fatigue damage a bone can endure before failure when compared to a non-
laminate material (Martin, 1992, Najafi et al., 2007). When considering the 
metatarsals specifically, work has been done to compare the strains at sites 
commonly associated with stress fracture such as the second metatarsal and 
sites not associated with this injury, such as the fifth metatarsal (Donahue et al., 
2000). Findings from this study indicate that whilst sites commonly injured 
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experience greater strains, the density of cracking between the two sites was not 
different. This indicates that increased strain alone will not necessarily lead to 
increased cracking in the bone, and suggests an additional process, such as 
remodelling must also occur in order to lead to injury. 
2.1.4 The Role of Remodelling in Stress Fracture 
Studies have shown that ex-vivo, bone can withstand between 1000 and 1000000 
cycles of loading at a strain level of between 5000 µε and 10000 µε (Burr, 1997, 
Carter et al., 1981). However physiological loading levels are far lower than this 
typically around 2500 µε in compression (Schaffler and Jepsen, 2000, Schaffler 
et al., 1989). It has also been shown that testing cortical bone within these 
physiological ranges did not result in bone failure even after 10 million cycles 
(Schaffler and Jepsen, 2000) although a loss of up to 10% of stiffness was 
observed. This reduced stiffness is indicative of mechanical fatigue, with the 
majority of this occurring in the first 2 million cycles after which a period of stability 
was observed. This supports the theory of failure prevention by material design 
discussed above. The initial loss of stiffness corresponds to the creation of new 
cracks, which are then propagated extremely slowly due to the design and 
structure of the material. This further suggests an interim process may be 
responsible for the formation of stress fractures. 
From an applied perspective, there is additional evidence that a remodelling 
process produces a long term protective effect from data in military recruits 
engaged in differing activities prior to commencement of training. Those who 
engaged in ball sports had a lower incidence of stress fracture than those who 
participated solely in long distance running, whilst those who only swam had the 
highest incidence (Milgrom et al., 2000). It was suggested this is due to the higher 
strains experienced in ball sports eliciting a large remodelling response and 
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strengthening the bones over time, which has a protective effect when 
undertaken at an appropriate time before military training.  
A sudden increase in repetitive activity can cause damage exceeding the tissue’s 
ability to repair itself and may lead to fatigue failure (Schaffler and Jepsen, 2000). 
Starting an intense programme of physical training such as military training will 
induce a large remodelling response (Popovich et al., 2000) potentially 
weakening the bone and subjecting it to increased risk of fracture. However, 
studies have shown that a remodelling response is not always needed to produce 
fatigue failure of bone, particularly in the metatarsals where metatarsal strain was 
found to be 5315 µε when barefoot jogging when tested with a bone staple strain 
gauge (Milgrom et al., 2002). Ex-vivo studies suggest this would be enough to 
cause failure within a physiologically reasonable number of cycles (1000 – 
100000 cycles) (Milgrom et al., 2002). Further to this, an intervention programme 
designed specifically to reduce stress fracture in military recruits by incorporating 
a rest week in the physical training regimen found no difference in incidence 
between intervention and control groups (Popovich et al., 2000). However, the 
remodelling process generally takes far longer than one week so it may be that a 
single week of rest was insufficient. A 12-month study in track and field athletes 
found no difference in bone turnover between those that developed stress 
fractures and those that did not (Bennell et al., 1998) suggesting that the 
activation of remodelling alone may not lead to stress fracture. Supporting theory 
suggesting a combination of factors, including both high strains and remodelling 
activation leads to stress fracture development. 
In conclusion, current literature suggests stress fracture is likely caused by a 
sudden increase in loading factors whether by increasing the training load of an 
already established movement or by loading in an unusual or physiologically 
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poorly adapted manner. Remodelling can play a part in this as it will be highly 
activated under these conditions due to a sudden accumulation of microdamage, 
and thus will cause the bone to further become weakened for a period of time 
during which loading is still ongoing. In this case failure to complete remodelling 
prior to repeating the loading conditions that led to its activation can lead to an 
injury such as stress fracture. In addition it is possible that in some areas of bone, 
such as the metatarsals, the loads experienced during running and jumping are 
great enough to cause fatigue failure without a remodelling response. However, 
due to the mechanostat response, running is likely to be beneficial to bone health 
in the long term as long as remodelling recovery time is sufficient and loads are 
not too excessive. 
2.2 The Human Foot – Anatomy and Function 
The human foot is the region of the body distal to the tibia and fibula, it is the 
interface between the body and the ground and as such it performs many 
functions linked to locomotion and balance. Due to the number of mechanical 
functions it performs it is complex with many different bones and active and 
passive soft tissues. This section will briefly lay out the function and anatomy of 
the foot, with a focus on the metatarsal and how it behaves during various 
activities. 
2.2.1 The Purpose of the Foot 
The main function of the entire lower limb is to support the weight of the body 
through the various activities humans engage in, ranging from quiet standing 
through propulsive locomotion and the impact of landing from running or jumping. 
A second major function of the lower limb is to move the body through these 
activities, providing the propulsive power for the wide range of activities 
suggested above (Drake et al., 2015). As the interface with the ground, the foot 
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is both the last link in the kinematic chain for providing forces against the ground 
for locomotion and the first link in the chain for the management of impact and 
landing and as such transmits very large forces. During running the impact peak 
in the vertical ground reaction force is typically around 2.2 BW (Cavanagh and 
Lafortune, 1980) and the active peak of forces provided by the body for push off 
is around 2.8 BW (Cavanagh and Lafortune, 1980). During more vigorous 
activities such as jumping this can be much higher, of the order of 14 BW (Allen 
et al., 2012). In order to provide efficient locomotion, the foot provides energy 
storage and release, with the structure of the foot compressing under the load of 
landing and then releasing during propulsion (Ker et al., 1987). This is provided 
by the arch-like structures of the foot where the bones are not laid out flat to the 
ground and support is provided by the soft tissues (Drake et al., 2015). These 
functions require a complex anatomy such that the foot can withstand the very 
large loads it is subjected to, but still effectively store, release and transfer energy. 
2.2.2 Bones of the Foot 
The foot consists of 29 bones, laid out broadly in four sections, the most distal 
aspect of the foot is made up the phalanges. Connecting the phalanges to the 
midfoot there are five metatarsal bones, proximal to these there are the tarsal 
bones, comprising of the cuneiforms, navicular and cuboid bones, and lastly the 
large talus and calcaneus bones which support the heel and articulate the ankle 
joint (Figure 4). The metatarsal bones join with the tarsal bones at the 
tarsometatarsal joints, which allow only limited sliding to occur (Drake et al., 
2015), the second metatarsal articulates with all three cuneiform bones which 
makes its tarsometatarsal joint particularly restrictive. In addition the five 
metatarsal bones are joined at their distal ends by the deep transverse metatarsal 
ligaments which limits their ability to move independently (Drake et al., 2015). 
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There are two arches in the foot, the primary arch is the longitudinal arch, which 
is formed between the calcaneus and the heads of the metatarsals (Figure 5), 
there is also a transverse arch under the metatarsals, which is supported by the 
transverse metatarsal ligaments. The arches, combined with the action of the 
passive and active soft tissues of the foot allow the foot to both store energy 
elastically in the plantar soft tissues but also to mitigate large impacts by allowing 
the foot to deform upon landing (Kelly et al., 2018a, Kelly et al., 2018b). 
 
Figure 4: The bones of the human foot 
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Figure 5: Sagittal aspect of the foot from the medial direction. Top: the arch of the foot. Bottom: 
the supporting soft tissues for the arch (Drake et al., 2015) 
2.2.3 Soft Tissues of the Foot 
The foot contains a number of different types of soft tissue relevant to locomotion 
and impact management, including ligaments holding the bones in position, 
intrinsic muscles and a specialized fascia known as the plantar aponeurosis. Of 
interest to the second metatarsal are the two plantar ligaments (short and long) 
shown in Figure 5 which act between the calcaneus and the metatarsal and 
contribute towards holding the arch in position. The plantar aponeurosis, also 
shown in Figure 5, is a thickened fascia that is connected to the base of the 
calcaneus and runs down the sole of the foot, where it diverges into individual 
elements and passes under the metatarsophalangeal joints to merge with the 
ligaments, bones and skin of the phalanges (Drake et al., 2015). Its purpose is 
not only to support the functioning of the arch of the foot, but also to act as a 
protective layer on the sole of the foot (Drake et al., 2015). Muscle tendons also 
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act to support the arch of the foot, in particular the tendons of the flexor digitorum 
brevis and flexor digitorum longus muscles attach to the plantar aspect of the 
phalanges and act to cause flexion in the metatarsophalangeal joints. The flexor 
digitorum brevis muscle is intrinsic to the foot, attaching to the base of the 
calcaneus and lying directly superior to the plantar aponeurosis whilst the flexor 
digitorum longus has its origin on the tibia and is responsible for plantarflexion of 
the foot as well as flexion of the phalanges (Drake et al., 2015).  
2.2.4 Injury to the Foot Bones 
During normal locomotion such as walking and running, forces are transferred 
between the floor and the body via the foot, and the arch of the foot depresses 
both to mitigate the force and to store energy (Kelly et al., 2018a). Due to the 
nature of the soft tissues of the foot, much of the arch deformation can be 
accounted for by the stretching of the plantar soft tissues discussed above (Li et 
al., 2017). However, due to the limited movement available at the tarsometatarsal 
joints, the long thin bones of the metatarsals will deform by bending when the 
force is sufficient. As discussed in section 2.2.3 repeated loading of this nature 
can lead to failure by material fatigue, especially if the loading is repeated during 
the remodelling process of the bone. Another route to injury is if the protective 
soft tissues are impaired from taking the strain of loading from locomotion, for 
example due to a deformity of the foot, injury to the soft tissues, or through training 
choices, such as footwear or technique. 
2.3 Risk Factors and Aetiology for Metatarsal Stress Fracture 
Having discussed the biological processes by which a stress fracture may occur, 
this section will discuss variables related to running that have been shown to be 
linked to stress fracture of the second metatarsal through prospective or 
retrospective studies. Also included are variables that may affect internal loading 
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of the metatarsal bones and therefore increase risk for injury either directly or 
through initiating a remodelling response. In general, the factors directly relating 
to second metatarsal stress fracture in distance runners are not well understood, 
although more detailed understanding would be beneficial for the reasons 
outlined in chapter 1. This review will cover factors that have been investigated 
in relation to stress fractures in varied body locations, factors that have been 
linked to more general lower limb injuries in runners, and factors linked to stress 
fracture of the metatarsals and other bones in different populations, such as 
military recruits. Whether these factors may have a bearing on the risk of second 
metatarsal stress fracture in distance runners specifically will be considered.  
2.3.1 Factors Linked to General Lower Limb Overuse Injury in Runners 
Several recent systematic reviews have investigated the association between 
overuse injuries and various training, environmental and individual variables. A 
review of running injury studies noted that whilst many factors contribute towards 
injury development, there was strong evidence only that reduction of weekly 
mileage was helpful in prevention of injury (Fields et al., 2010). This study 
included all injuries requiring at least one day of missed training and identified 
those running more than 40 miles.week-1 at particular risk of an injury. From the 
perspective of stress fracture formation, a larger number of loading cycles will 
occur as running distance increases, leading to increased opportunity for 
cracking to occur on the bone. In addition, greater mileage is likely to lead to 
greater fatigue, particularly in those who are purposefully increasing their mileage 
to induce training adaptations. Fatigue can influence the activity of muscles, 
which have been shown to provide resistance to bone bending and shear forces 
(Scott and Winter, 1990). Fields et al. (2010) also noted that a sudden change in 
training variables or an erratic schedule is linked to injury, finding that one third 
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of runners studied had changed their schedule or shoes immediately prior to 
injury. As noted in section 2.1.4 unaccustomed loading is a primary driver in 
activating a remodelling response, which is one of the mechanisms that may lead 
to stress fracture. Previous injury has also been shown to increase the risk of 
subsequent injury (van Gent et al., 2007, Fields et al., 2010). Although the studies 
reviewed do not suggest a mechanism for this, previous injury was defined in 
most cases as having occurred in the preceding 12 months, suggesting that 
returning to training or increasing training intensity could be responsible.  
2.3.2 Factors Related to Training 
We have seen from the review of the mechanisms by which stress fractures occur 
in section 2.1.4 that either a remodelling response must be initiated whilst loading 
continues or stress in the metatarsal must be high enough in magnitude over a 
large number of cycles for a stress fracture to form. Therefore it is assumed that 
in the case of sufficient rest between activities of high loading magnitudes, or in 
cases where the stresses on the bone are low enough that microcracks do not 
form, a stress fracture will not occur. Factors considered in this section are those 
that allow the loading magnitude or frequency to be modified in various ways.  
It has already been discussed that unaccustomed loading of bone is highly likely 
to result in microcracking and therefore lead to the formation of stress fracture 
(section 2.1.4). Loading on the bone itself can be greatly affected by the 
surrounding muscles, be it the timing of their activation or the amount of force 
they produce. Muscle activation can influence the bending experienced by the 
bone, whilst well timed activation can reduce it. In the tibia, the plantarflexor 
muscles have been shown to contribute to reduced bone bending and bone shear 
(Scott and Winter, 1990), and simple models of the forefoot which include the 
forces from the flexor digitorum brevis and flexor digitorum longus show that 
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these muscle forces act to reduce the bending in the metatarsal from the ground 
reaction forces under the forefoot (Stokes et al., 1979). Factors that could affect 
the timing or magnitudes of these muscle forces include the intrinsic muscle 
strength and the ability of the muscle to withstand fatigue. If the muscular forces 
are reduced due to fatigue or low muscle strength then this model suggests that 
the bending and shear forces experienced by the metatarsal will increase. This 
is supported by the work of Arndt et al. (2002), (2003) who used bone staples to 
directly measure bone strain in the second metatarsal. Fatigue was induced via 
3 hours of treadmill walking whilst wearing a backpack containing 45% 
bodyweight (Arndt et al., 2003) or through walking up to one hour (Arndt et al., 
2002). Findings from both studies indicated that fatigue increases compressive 
and tensile forces measured on the shaft of the metatarsal, regardless of load or 
footwear. Plantar pressure distribution was also shown to change with fatigue 
with participants experiencing greater pressure mostly under the 1st metatarsal 
and hallux pre-fatigue but loading metatarsals 2 – 5 more post-fatigue. The 1st 
metatarsal is well adapted to greater loads, being shorter and thicker than other 
metatarsals. As load is distributed away from it towards metatarsals 2 – 5 post 
fatigue the risk of injury in the thinner metatarsals will increase. In addition, later 
peak plantar pressures under the metatarsals were associated with 3rd metatarsal 
stress fracture in a prospective study (Rice, 2015). It was theorised that this later 
peak pressure was the result of reduced plantarflexor muscle forces contributing 
to forward locomotion. However it should be noted that the third, not second, 
metatarsal was investigated here and that the population were military recruits, 
and that whilst measurements were carried out during running, the recruits were 
required to complete other tasks which could contribute to bone loading in the 
forefoot as part of their training, such as loaded carriage, and therefore the data 
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from this study are not definitive. In addition this prospective study did not find 
any differences between calf girth and bimalleolar breadth in recruits who 
sustained a stress fracture of the third metatarsal and those that did not, 
suggesting similar muscle sizes, and therefore forces, between groups. 
The stiffness and hardness of footwear and running surfaces have also been 
implicated in injury risk. Minimalist shoe types are popular amongst recreational 
runners (Firminger and Edwards, 2016) and are designed to more closely mimic 
the experience of running barefoot than traditional shoes, whilst providing some 
protection from sharp objects. They are characterised by minimal cushioning, 
high flexibility of the sole and a flat profile. In particular they have been linked to 
increased metatarsal stress fracture (Cauthon et al., 2013, Salzler et al., 2012), 
however, it is not clear from the literature whether the increase in injury is from 
the altered biomechanics, which tend to move the centre of pressure at landing 
in a more anterior direction (Firminger and Edwards, 2016), the lack of 
cushioning, which may change impact forces and loading rates during stance, or 
from some contribution of the two. It is strongly indicated from the literature in 
section 2.1 that altered biomechanics will adjust bone loading and that an 
acclimatisation period is recommended when making major changes to training 
parameters. In the two papers cited above, the longest transition period in the 
runners who sustained a second metatarsal stress fracture was only two months, 
and four of the nine stress fracture patients across the studies reported having 
no transition period at all. Therefore it is unclear whether the shoes would cause 
the same injury levels in runners who transitioned over a period of time closer to 
the time taken to complete remodelling (around four to six months (section 2.1)). 
Minimalist footwear has been seen to increase the loading at the 
metatarsophalangeal joints (Firminger and Edwards, 2016), which is likely to 
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increase the load on the metatarsal bones. However, it is not clear whether this 
increase is due to the change in cushioning of the shoe, or the change in 
kinematics. There is evidence of an interaction between the choice of footwear 
and kinematics, as shown by Rice et al. (2016), who compared habitual forefoot 
runners to rearfoot runners in both cushioned and minimalist footwear finding that 
both the magnitude and loading rates of the ground reaction force were lowest in 
minimalist shoes when running with a forefoot strike, and that magnitudes and 
loading rates were highest in forefoot runners in a cushioned shoe. This suggests 
that footwear can influence loading on the structures of the foot. However, recent 
literature has suggested that external measures of force do not correlate well to 
internal loading  in the tibia (Matijevich et al., 2019), and this may also be the 
case in the metatarsals. 
An additional consideration which may affect the risk of stress fracture is sudden 
changes in training variables, such as increased running mileage or training 
frequency. Studies suggest that frequently changing shoes may be a risk factor 
for lower limb injury in general, and that for men, restarting running after a break 
may increase injury risk (van der Worp et al., 2015). Several studies have 
investigated the physical preparedness of military recruits with regard to their 
training activities prior to basic training, finding that a history of physical activity 
was protective against stress fracture in general, with a longer history offering 
more protection (Lappe et al., 2001). Another  study found that engaging in 
strength training for the lower limbs for longer than seven months prior to 
engaging with basic training lowered the risk of stress fracture (Rauh et al., 2006). 
Although these two studies were both conducted on female military recruits rather 
than a mixed cohort of runners, it does support the theory that by engaging in 
activities that load bone, the bone can adapt to higher loads and therefore the 
46 
 
risk of stress fracture in other activities can be reduced. It can be inferred from 
this that habituation to higher loads or training intensities is an effective way to 
reduce the risk of stress fracture. 
2.3.3 Individual Factors 
In this section factors that cannot be easily adjusted by the athlete will be 
discussed. Studies have been conducted to assess whether aspects of foot 
geometry can be responsible for increased metatarsal stress fracture risk in 
runners. Drez et al. (1980) conducted a study of relative bone lengths and 
suggested that changing the ratio of lengths of the first and second metatarsal 
does not increase risk of stress fracture in the metatarsals. However a recent 
modelling study found that bony geometry was the largest determinant factor on 
the stress seen in the third metatarsal (Nunns et al., 2017). However other factors 
may mitigate the large loads estimated in areas of high risk geometry. For 
example the model did not account for surrounding soft tissues, or muscle 
activation, which can act to reduce bending on the metatarsal during stance.  
Foot arch height has been identified as an indicator of injury risk in the lower limb, 
with a high arch associated with fifth metatarsal stress fracture, however the 
same study also detected more stress fractures of the second and third 
metatarsals  in low arched participants (Williams Iii et al., 2001). An earlier study 
associated low arch height with an increased risk of metatarsal stress fracture 
(Simkin et al., 1989) in military recruits. This suggests that an arch height that is 
too high or too low could be a cause of increased stress fracture risk through 
differing mechanisms. For example, a high arch is associated with high plantar 
pressures under the metatarsal heads, which has in turn been suggested as a 
mechanism of stress fracture formation (Nagel et al., 2008), which is supported 
by the findings of Dixon et al. (2019) who identified a link between high arch and 
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second metatarsal stress fractures in a prospective study. Finite element models 
of the foot also confirm that those with high arches experience greater strain in 
the metatarsals (Sun et al., 2012). Conversely in a low arched foot, the 
metatarsals are more parallel with the ground and therefore may be in a position 
to experience greater bending from ground reaction forces. 
The quality of bony material as measured by bone mineral density has been 
shown to be a determinant of bone strength (Martin et al., 2015), and has also 
been shown to be lower in those that develop stress fractures (Välimäki et al., 
2005). Therefore lower bone mineral density can be considered a risk factor for 
stress fractures. There are many factors that can affect the mineral density of 
bones including age, gender, smoking and alcohol consumption among others, 
specifically: older age, female gender, and smoking is associated with lower bone 
mineral density (Krall and Dawson-Hughes, 1993), however, these variables are 
beyond the scope of this thesis. 
2.3.4 Kinetic and Kinematic Variables 
Research into the association between biomechanical variables and the risk of 
stress fracture is limited. A prospective study indicates that higher foot abduction 
during running is a predictor of second metatarsal stress fracture (Dixon et al., 
2019), and a retrospective study (Dixon et al., 2006) found that those previously 
injured displayed an earlier peak eversion during stance, suggesting more time 
spent in the propulsive phase of stance when the metatarsal heads are loaded. 
This longer loading period for the metatarsals may represent an increased injury 
risk for these individuals, but any internal loading mechanisms suggested by 
studies of this nature are speculative and quantification of the internal mechanics 
of the metatarsal is needed for fuller understanding.  
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Foot strike modality is a method of describing the manner in which a runner 
interacts with the ground at the foot-ground interface. In general runners can be 
categorised based on whether they contact first with their heel (rearfoot strike, 
RFS) or not (non-rearfoot strike, NRF) (Nunns et al., 2013), with each type 
displaying distinct kinematic and ground reaction force time histories. Rearfoot 
striking is associated with an early impact peak in the vertical ground reaction 
force time history (Figure 6) and high vertical force loading rates (Lieberman et 
al., 2010). In non-rearfoot groups the impact peak is less distinct in the time 
domain and the loading rates are in general lower than for a rearfoot runner (Ahn 
et al., 2014). There is debate in the literature regarding the benefits of a particular 
modality over others, with some literature suggesting benefits in performance 
(Ahn et al., 2014) and a reduction in injury (Lieberman et al., 2010, Cheung and 
Davis, 2011, Diebal et al., 2012) for non-rearfoot modalities, and others disputing 
these (Hamill and Gruber, 2017). Generally the injuries claimed to be reduced by 
a non-rearfoot strike occur more proximally than the metatarsals, for example at 
the tibia (Lieberman et al., 2010). A study of 1065 military recruits running 
barefoot with their habitual running technique (Nunns et al., 2013) found both 
peak pressure and impulse to be significantly higher under the second metatarsal 
in those who ran whilst landing on their forefoot compared with those who landed 
on their heel or midfoot. This suggests that a non-rear foot strike may cause 
greater loading in the metatarsals, due to the higher anterior pressures 
underneath the metatarsal heads. This theory is further supported by recent finite 
element models comparing forefoot and rearfoot loading types in single 
participants (Li et al., 2017, Morales-Orcajo et al., 2018) where it was found that 
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an overall higher stress level was found in the metatarsals in the forefoot loading 
condition. 
 
Figure 6: Typical vertical ground reaction force traces for a forefoot runner (dashed line) and rearfoot 
runner (dotted line). 
2.4 Approaches to Estimating Loading in Biomechanics 
Based on the previous section, it is clear that in order to understand stress 
fracture risk, measurement of the loading experienced by the bone is important. 
Comparing the internal loading experienced during different conditions allows us 
to infer which of the conditions is likely to produce a remodelling response in the 
bone for example. Considered here are the current methods and past methods 
used in the field of biomechanics to measure or estimate internal forces with both 
the various advantages and limitations of each method discussed and possible 
sources of error. 
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2.4.1 Direct Measurement using Invasive Methods or Cadavers 
The gold-standard method of investigating the forces in a system is usually to 
attempt direct measurement. In the case of bone strain this is done through the 
use of a staple strain gauge or similar. This method requires surgical attachment 
at two sites along a bone and the participant must complete weight-bearing 
movement trials directly after this surgery if the influence of human locomotion on 
bone strain is to be investigated. Previously this method has been used to 
investigate stress fracture risk in the metatarsals (Arndt et al., 2002, Arndt et al., 
2003, Milgrom et al., 2002) and the measurements showed a reasonable match 
with previous 2D beam theory models used to estimate internal forces in these 
bones such as the models of Stokes or Gross and Bunch (Stokes et al., 1979, 
Gross and Bunch, 1989). The surgical procedures used in these studies allows 
for a high validity of assessment, however the limitations of this method are 
significant. Namely the nature of having a surgical device attached whilst 
performing tasks such as running may change biomechanical variables and 
confound results, it is difficult and in some cases unethical to recruit participants 
from target populations for an invasive procedure, contact time with these 
participants will be limited due to the nature of the devices and repeating 
measures is unlikely to be practical as it would require a second surgery. Given 
the level of agreement with various simple models it is often not justifiable to 
perform this kind of invasive procedure. In the previous studies, due to low 
participant numbers no statistics were able to be performed, thus weakening the 
value of the results. 
Another direct measurement method is to use cadaveric specimens in all or part 
of investigation. Manter (1946) performed a study on the loading in the 
metatarsals using cadaveric feet whereby the feet were placed in a jig and quiet 
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standing was simulated through loading the talus. The ratio of pressures was 
calculated using the size of impression each bone made in clay. This method has 
obvious limitations in that the loading may not be true to life and that 
measurement of the impressions in clay are prone to error. Another  more 
complex study used a rig to animate a cadaveric shank and foot (Sharkey and 
Hamel, 1998), applying realistic muscle forces via actuators and verifying results 
via ground reaction forces. The forces transmitted via the tibia were measured 
directly. However the validity of using cadaveric specimens is questionable as the 
feet may have come from the elderly or from those suffering various pathologies, 
rather than the healthy populations this thesis is investigating. Designing and 
building such apparatus is also costly and time consuming. Technological 
advancements have allowed us to assess pressure and forces between the 
participant and environment in-vivo quickly and easily, rendering some forms of 
cadaveric study obsolete. 
2.4.2 Estimation Based on Directly Measured External Variables 
Measurement of kinetic variables at the foot ground interface has become 
exceedingly common in biomechanical studies, generally via the use of force 
plates and plantar pressure sensing systems.  
Previous work has used external force data to understand injuries. For example 
in a retrospective study Dixon et al. (2006) found that peak horizontal forces were 
applied more laterally during the braking phase of stance and were lower during 
the propulsive phase of stance in those who had suffered a stress fracture. 
Studies of this nature are very useful and informative, but require access to 
sufficient injured and non-injured participants and it is not possible to infer 
whether the injury was the cause or was caused by the differences seen. Another 
option is to use a more powerful prospective study, where cause and effect for 
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injury can be suggested. However large numbers of participants are required 
before enough injuries occur to reach statistical power. Dixon et al. (2019) 
performed such a study, where later peak pressures were found to increase the 
risk of third metatarsal stress fracture. In this case 1065 Royal Marine recruits 
were followed and only seven second metatarsal stress fractures were observed. 
It would be very useful therefore to directly estimate internal load from external 
forces. Many studies infer that a direct increase in externally measured forces, 
such as higher peak plantar pressures under the metatarsal heads in toe runners, 
would lead to higher forces experienced by the whole metatarsal (Nunns et al., 
2013). However, more recent research has suggested that external force does 
not necessarily correlate to internal loads (Matijevich et al., 2019) where 76 out 
of 80 computed correlation coefficients between ground reaction force metrics 
and tibial loading metrics indicated that higher ground reaction force metrics did 
not correlate strongly with higher tibial forces. It has not been determined whether 
this is also the case in other parts of the body, such as the metatarsals. When 
considering just externally measured forces as a measure of bone loading, any 
inference to internal loading must be evaluated carefully, using appropriate 
musculoskeletal modelling to calculate joint contact forces, rather than the net 
forces acting at a joint, as net forces calculated using inverse dynamics methods 
may underestimate the actual forces experienced by bones (Vigotsky et al., 
2019).  
2.4.3 Estimation using Mathematical Models and Simulation 
Due to the limitations and difficulties of using direct measurement or inferring 
internal loads from external measures listed above, often a mathematical model 
is used to represent the human body or part of it. These models use inputs that 
are measured from experimental procedure, such as ground reaction forces 
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measured via force plates and will output an estimation of variables that are 
difficult to measure, such as the loading experienced internally by a bone. This 
thesis develops and uses both a 2D and a 3D model, ranging from simple 
geometry to fully 3D continuum mechanics, to investigate metatarsal stresses 
during running. Thus an in depth review of approaches to modelling along with 
their benefits and limitations is warranted.  
Computer simulation is a powerful tool for investigation as it allows estimations 
of variables that would otherwise need to be measured using invasive methods 
or that are difficult to measure experimentally (Halloran et al., 2012). In addition 
a simulation can be run many times without fatigue and will perform identically 
every time. This allows investigation where only one variable is allowed to 
change, thereby quantifying the effect of that change alone. Conversely, with in-
vivo studies a participant can perform only so many trials before fatigue 
influences their gait and they may not perform in the same manner each time, in 
particular when asked to change one variable. For example, when changing 
running velocity or footwear type, a human participant will unconsciously adapt 
other parts of their technique and therefore the effect of a single change cannot 
be quantified (Yeadon et al., 1990).  
In order to assess its usefulness, any model must be evaluated. Without 
adequate evaluation the results and predictions given by the model may not be 
relevant to the system modelled (Yeadon and King, 2002). In order to be 
considered valid, a model must be tested for internal consistency and to ensure 
the laws of physics are upheld, for example conservation of momentum or energy 
are not violated. It should also be compared to some real life measurable 
performances and a good match must be established. Upon evaluation, it may 
be found that the model is limited in some way that allows it to answer only certain 
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research questions. It is also useful to evaluate the sensitivity of models to 
perturbations in input values or the determined model parameters.  
As this thesis relies heavily on various modelling techniques, it is useful to review 
both previously used modelling techniques and historical findings of relevance to 
internal foot loading. The following subchapter explores these in detail. 
2.5 Models of the Foot in the Literature 
In the past, models have been used to investigate sporting performance 
(Alexander, 1990, Allen et al., 2010, Hiley and Yeadon, 2005), injury causes (Mills 
et al., 2008) and to inform clinical procedures and interventions (Chen et al., 
2015a, Erdemir et al., 2005, Hsu et al., 2008, Lemmon et al., 1997b, Isvilanonda 
et al., 2012, Wu, 2007). For each problem investigated a specific model must be 
designed, with thought given to the complexity of the model. A model that is too 
simple will give outputs that diverge from real life (Mills et al., 2008); conversely 
an overly complex model will be computationally expensive and may obscure 
intended results. Computational expense is usually measured in the time taken 
for a model to run on a given computer system and generally increases with the 
complexity of the model. Some more complex models can take of the order of 
weeks to run on a high performance computing platform. A model should be 
made complex enough to give accurate outputs as verified by the evaluation 
methods chosen, but care should be taken to reduce any complexity or 
calculations that provide only limited contributions to the accuracy of the results. 
Often a model could be made more accurate by adding complexity, however a 
balance is needed to ensure a small gain in accuracy does not cause a large 
increase in computing time. 
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2.5.1 Beam Theory Models 
For many studies of bones and their loading, the bones are considered to be 
beams, that is, their diameter is small compared to their length. From an 
engineering perspective, bending occurs in a beam if a transverse load is applied 
to it, or an axial load that is offset from the longitudinal axis is applied. Bending 
refers to the deflection of a beam due to this force, and results in stresses 
distributed along the beam. For simple estimations of these stresses, the whole 
system can be considered to be in quasi static equilibrium, where the deflections 
of the beam and therefore the stresses do not vary with time. A cantilever model 
is often used for the bones of the foot. In this case, the beam is assumed to be 
fixed at one end, and the forces are applied at some distance from the fixed point. 
A simple diagram of this is shown in Figure 7. This leads to deflections where-by 
the side opposite that which the force is applied to is shortened, experiencing 
compressive stresses and the side the force is applied is lengthened, 
experiencing tensile stresses. In addition to these stresses, some shear stresses 
will be created. The tensile and compressive stresses from a purely perpendicular 
force will be equal and opposite in direction, but if forces acting along the length 
of the beam are introduced, then this is added linearly to the bending stresses. 
 
Figure 7: A cantilever beam, fixed at the proximal side and with force F acting vertically upwards 
y 
x 
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The nature of the geometry of the system means that greatest deformation occurs 
at the edges of the beam, and therefore the stresses are maximal here. There is 
also an internal line that can be drawn down the centre of the beam where no 
length change occurs with bending, and therefore there is no stress. This line is 
called the neutral axis. 
In order to calculate the bending stress in a beam, the following general equation 
is used (Equation 1). 
𝜎𝑥 =
𝑀𝑧𝑦
𝐼𝑧
 
Equation 1: Equation for calculating stress in a simple beam, σx is the bending stress, Mz is the bending 
moment about the neutral axis z, y is the perpendicular distance to the neutral axis and Iz is the second 
moment of area about the neutral axis 
In the case of bones, often the cross section is not symmetrical, in which case a 
more complicated equation is necessary (Equation 2) 
𝜎𝑥(y, z) =
𝑀𝑧𝐼𝑦 − 𝑀𝑦𝐼𝑦𝑧
𝐼𝑦𝐼𝑧 − 𝐼𝑦𝑧2
𝑦 +
𝑀𝑧𝐼𝑧 − 𝑀𝑧𝐼𝑦𝑧
𝐼𝑦𝐼𝑧 − 𝐼𝑦𝑧2
𝑧 
Equation 2: Equation for calculating stresses in an asymmetric beam, y and z are coordinates of the 
location of the stress on the cross section, Mz and My are the bending moments about the centroid, Iy and 
Iz are the second moments of inertia about the y and z axes, Iyz is the product moment of area  
From an applied perspective, the greatest stress is usually of most interest. This 
lies at the periphery and can be assumed to lie at zero on the neutral z axis, 
leading to the reduction of the second term of the equation to zero. In addition, 
that shafts of long bones are often close to symmetrical, making the simpler 
equation suitable. Beam theory models using modern computation techniques 
are generally computationally inexpensive, although, they can be calculated by 
hand or with limited calculation aids, as was done in older models such as Stokes 
et al. (1979) which is very time consuming. These models tend to consider forces 
and kinematics in two dimensions and whilst they may incorporate some 
participant-specific aspects such as bone cross-sections, many parts are highly 
simplified. For example, bones are normally considered to be fully rigid rods. Any 
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joints between body segments tend to be considered as frictionless and forces 
are generally described as acting at points rather than being distributed over a 
surface. These simplifications have the advantage of allowing quasi-static 
equilibrium to be used to calculate any unknown forces in the system. A 
disadvantage of this level of simplification is the difficulty in mathematically 
describing the effects of easily deformed soft tissues such as the plantar fat pad, 
leading to an assumption that externally measured forces are applied directly to 
rigid internal components such as bones, which may lead to overestimation of 
internal forces. 
An early beam theory model estimating the forces acting under the metatarsal 
heads and at their bases is that of Stokes et al. (1979). By modelling each ray of 
the foot in 2D and simplifying the geometry of individual metatarsals by 
considering the heads as the radii of two circles, forces were estimated during 
normal walking for each metatarsal. Subsequent research has built upon this 
simple model, adapting it to use more complex geometry involving all of the joints 
of the toes and estimating joint contact forces and tendon loading in the first and 
second rays (Jacob, 2001).  
The model was adapted to consider the metatarsal as a hollow elliptical cylinder 
and investigate stress during running (Gross and Bunch, 1989). All values 
pertaining to the geometry of the metatarsal were gathered from previous 
literature thus were not specific to each participant. Results showed that the 
second metatarsal bore the greatest bending strain (6662 µε) and shear forces 
(203 N), correlating with evidence that it is one of the more common sites for 
stress fracture. However when compared with experimental data from bone strain 
gauge studies, the values reported were high. Milgrom et al. (2002) reported 
strains of 5315 µε and 1891 µε during barefoot jogging, assessed using strain 
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gauges in two participants. This is lower than the value of Gross and Bunch, 
especially when considering that the modelled strain included only the value due 
to bending, and did not consider the additional strain that would be experienced 
due to longitudinal compression of the metatarsal bone. It is not clear from this 
study whether the apparent overestimation of strain values is due to the 
aforementioned limitations of considering bones as rigid rods with external forces 
applied directly, or whether other simplifications of the study such as the non-
participant-specific geometry may account for it. 
As the human body is made of irregularly shaped solids rather than the simplified 
perfect geometry used in the above models, one way to increase the accuracy of 
a model is to increase the geometrical complexity and make it more similar to the 
real structure of the tissues studied. This has become more feasible with the 
increased access to non-invasive scanning methods such as magnetic 
resonance imaging and computed tomography. Work by Nunns et al. (2017) is a 
recent example of a study of stresses in the third metatarsal bone that has been 
carried out using a geometrically accurate model of the bone. They found that 
individual geometry has a large effect on the internal stresses of the bone. The 
model relied on a long digitization process whereby each coronal MRI slice was 
digitised with 96 individual markers, used to create 96 irregular triangles making 
up the plane of a single slice of the bone (Figure 8). From this, inertial information 
was reconstructed. 
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Figure 8: A 2D slice through the metatarsal bone, showing the triangles used to find inertial information of 
the slice (Nunns et al., 2017). 
 The bone was modelled as a fixed cantilever similar to that of Stokes et al. (1979) 
and Gross and Bunch (1989) but without the consideration of the toe and plantar 
tendons. Tensile and compressive normal stresses were calculated on the 
uppermost and lowermost surfaces of the bone. Average compressive stress was 
114.43 MPa, equivalent to 6731 µε (using a Young’s modulus of 17 GPa). These 
values were again far higher than strains recorded in strain gauge studies 
(Milgrom et al., 2002), although it should be noted that the strain gauge study 
measured only the second metatarsal, compared to the third here. The results of 
this study also showed that variation in geometry can lead to mechanically 
deficient areas of the bone where stress fracture may be likely and that the lowest 
cross sectional area of bone is not necessarily the point of greatest stress, 
although mathematically it is always the point of greatest axial stress. This 
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supports findings by Orava (1980) showing stress fractures occur anywhere 
along the shaft. Whilst this study provides powerful insight into the effects of 
geometry on bone stress it is limited by several factors. Firstly, it does not account 
for any soft tissue interactions such as plantar tendons, the aponeurosis, or the 
plantar cushioning soft tissue which have been shown to significantly change the 
distribution of stresses in the foot (Lemmon and Cavanagh, 1997, Gefen, 2002). 
Additionally, the effect of forces under the toe and its influence on the metatarso-
phalangeal joint were not modelled. The geometry, whilst generally accurate, is 
simplified into slices 5 mm apart. Based on this, in future research a model made 
up of a continuous mesh to represent the bone geometry may show additional 
insights into stress distributions. Additionally the effects of plantar tissue forces 
should be modelled. 
2.5.2 The Use of the Finite Element Method for Modelling the Foot 
One way to increase the ability of a model to answer a specific question is to 
make the model more complex. For answers to questions regarding optimal limb 
movement and sequencing a model consisting of rigid rods and ideal hinges will 
often suffice (Halloran et al., 2009). However, when impacts or internal loading 
are investigated, we can see from the studies in section 2.5.1 above that rigid 
rods may overestimate loading and it would be of benefit to include a method of 
including soft tissues which deform (Halloran et al., 2009). Soft tissues and their 
deformation has been included in some rigid rod models, in the form of spring like 
elements and wobbling masses (Pain and Challis, 2006) and have been shown 
to be important in reducing system loading. However despite the addition of these 
elements to beam theory models, they are still limited to rigid rods and point 
loads. To accurately examine the effect of some technical or environmental 
change on internal loading of components of the foot, forces acting on a single 
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bone must be modelled in the most realistic manner possible. This requires an 
accurate rendering of muscle actions, soft tissue effects and importantly the 
mechanical properties of the bone itself. One technique by which realistic 
deformation of bones under the influence of forces applied and distributed via soft 
tissues can be modelled is the finite element (FE) method. 
Finite element analysis is a method for estimating both the deformation of and 
the resulting stresses in a system. Its benefits are that it can be used to calculate 
stresses and strains in almost any geometric shape and the level of detail and 
accuracy calculated can be scaled. It allows for interactions between different 
parts and accounts for the material properties of differing parts of a model. FE 
analysis is a widely used method for investigating the loading of the human body 
and there are many well evaluated models in the literature with varying levels of 
complexity and with varying approaches to model design that have been 
specifically designed to look at the lower limb and foot. This section will cover in 
more detail technical aspects of some relevant examples. 
Finite element models of the foot in the literature are designed for a variety of 
purposes, for example, the investigation of stresses or effects of changes in 
properties in plantar soft tissues (Natali et al., 2010, Telfer et al., 2016, Thomas 
et al., 2004, Gefen, 2003b, Chen et al., 2010, Actis et al., 2006, Lemmon and 
Cavanagh, 1997, Yarnitzky et al., 2006), or plantar aponeurosis (Gu and Li, 2012, 
Cheung et al., 2004, Cheung et al., 2006, Chen et al., 2015b, Cheng et al., 2008, 
Gefen, 2003a) to investigate specific foot pathologies (Morales-Orcajo et al., 
2015a, Guiotto et al., 2014, Garcia-Gonzalez et al., 2009, Brilakis et al., 2012, 
Isvilanonda et al., 2012, Wu, 2007, Gefen, 2002), to design footwear or insoles 
for specific purposes (Spirka et al., 2014, Yu et al., 2008, Chen et al., 2015a, 
Actis et al., 2008, Hsu et al., 2008), or to investigate whole foot loading under 
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various circumstances (Qian et al., 2010b, Qian et al., 2010a, Qian et al., 2013, 
Spyrou and Aravas, 2012, Sun et al., 2012, Cheung et al., 2005, Camacho et al., 
2002, Antunes et al., 2008, Akrami et al., 2017, Chen et al., 2001a, Gefen et al., 
2000, Hannah et al., 2012, Jacob et al., 1996). However there are relatively few 
studies designed specifically to investigate metatarsal stresses (Budhabhatti et 
al., 2007, Garcia-Aznar et al., 2009, Gu et al., 2011) and only a small subset of 
these look specifically at aspects of running and their effect on metatarsal 
stresses (Firminger et al., 2017, Li et al., 2017, Morales-Orcajo et al., 2018). In 
the following section, relevant aspects of the existing model designs above are 
discussed. Each of these uses differing approaches to both modelling the 
structure of the foot and to driving the model, based both on the research question 
and available computational power. These approaches give each model its own 
merits and disadvantages. 
2.5.3 Previous Finite Element Models of the Foot and Their Design 
Considerations 
2.5.3a Defining Model Geometry 
Having formulated research questions and hypotheses often the first step in the 
construction of a finite element model is to consider the geometry to be included 
in the model. There are several considerations at this stage, such as how many 
parts the model should have and how complex the geometries of parts can be. 
Often the complexity of these parts is driven by the available computing power, 
with the advent of more powerful computing facilities allowing more complex 
models to be developed. One of the first FE models of the foot in the literature is 
that of Nakamura et al. (1981). In this model the geometry of the bones of the 
foot, the soft tissue and the sole of a shoe were considered. However the model 
was highly simplified in 2 dimensions, with all the bones of the foot considered as 
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a single homogenous planar layer. Similarly the soft tissue was considered a 
single 2D layer bonded to the bony tissue at the sole of the foot and the sole of a 
shoe was then bonded to this. This simplification allowed the whole foot to be 
represented by just 342 elements, allowing computation with the facilities of the 
time. Simplifying the bones of the foot by merging them together in order to 
reduce computational expense is seen in other studies. For example Jacob et al. 
(1996) investigated the stresses in the arches of the foot. However the individual 
bones constituting the arches were merged to give a medial and lateral arch in 
three dimensions. This allowed articulation and whilst reducing the problem to 
just 1475 elements to represent the bones.  
It should be noted that recent FE models of the foot can have upwards of several 
hundred thousand elements allowing much more complex regions of the foot to 
be differentiated and modelled with high fidelity. It is useful to bond the layers of 
bone and soft tissues together as modelled by (Nakamura et al., 1981) as this 
means the model allows no movement between these tissues, which is assumed 
to occur in vivo. Although in reality the bond between tissue layers is unlikely to 
be perfect, the properties of any interface between two tissue types would be very 
difficult to quantify. 
Later studies have built upon this simplified geometry to provide more realistic 
foot models and answer more specific research questions. For example a study 
by Yettram and Camilleri (1993) used more complex bone geometry to 
investigate whether cancellous bone orientation aligns with the predicted lines of 
high stress in a loaded calcaneus bone. The complex internal geometry of the 
bone was segmented using a cadaveric calcaneus bone sliced in the sagittal 
plane. Each slice was x-rayed and a 3D shape was built up from these slices. 
This method of building fully 3D representations of body parts using image slices 
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is a common method today, particularly as magnetic resonance imaging and 
computed tomography have become more widely available. 
As seen in the previous paper by Nakamura et al. (1981) it can sometimes be 
useful to combine several body parts into one geometry for the purposes of the 
model, as this allows for simplification of segmentation and usually results in 
reduced computational expense. Whilst considering bones to be fused is one way 
to reduce the complexity of a model’s geometry, another method is to narrow the 
scope of the model to a smaller area, containing fewer bones. For example, 
Lemmon and Cavanagh (1997) investigated the effect of toe tendon forces on 
plantar pressure loading under the foot. They reduced the problem to just two 
bones in two dimensions, a metatarsal and a toe, with a single tendon under the 
toe and the metatarsal base fixed in position. Soft tissue was represented by a 
simple continuum surrounding the bones. Similarly in 3D, Budhabhatti et al. 
(2007) considered the first ray of the foot during walking, including the first 
metatarsal, and hallux bones, with a homogeneous soft tissue surrounding this. 
This method of representing the metatarsal bones as a fixed cantilever has been 
used previously in the beam theory models described in the previous section 
(2.5.1) (Stokes et al., 1979, Gross and Bunch, 1989) and has been developed 
since into recent models with highly detailed single bones such as the work of 
Fung et al. (2017) and used to investigate the effect of stride length and minimalist 
footwear on bone strain (Firminger et al., 2017). These studies developed a 
model containing just the second metatarsal, fixed at the proximal end. Geometry 
was taken from computed tomography scans. Forces such as ground reactions 
and joint reactions were applied to regions of the bone based on the 2D beam 
theory model  of Stokes et al. (1979). This model used just 28,660 elements 
compared with similarly detailed whole foot models where 221,722 elements are 
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needed (Akrami et al., 2017, Akrami, 2016), nearly a ten-fold increase. The model 
developed by Firminger et al. was able to discern the effects of both stride length 
and minimal shoes on metatarsal strains, however it includes some limitations 
that should be considered. Computed tomography is a highly valid method for 
acquiring bone geometry allowing for easy segmentation based on the Hounsfield 
unit, which also allows density to be estimated. However it used x-ray radiation, 
which has risks for participants and so is less ethical to use than magnetic 
resonance scans. The model itself performed well when compared to a controlled 
experiment on cadaveric metatarsals, but its validity when used for studies of 
living runners is less clear. The forces applied accounted for the effects of the 
plantar tendons via the joint reaction forces applied, but did not account for any 
cushioning or redistribution of ground reaction forces applied by the soft tissues 
in the sole of the foot. 
The effect of a model’s complexity on its ability to produce high quality prediction 
of plantar pressure data has been investigated by Actis et al. (2006). A range of 
2D models were developed along the second and third rays of the foot and loaded 
to represent the push off phase of gait. All models had a fused rear foot section, 
separate metatarsal and phalange with corresponding cartilage, encapsulating 
soft tissue, and a shoe represented by a total contact insole bonded to a sole. In 
the most complex model, a plantar fascia element was included as was a plantar 
tendon for loading the phalange which was fully articulating with cartilage 
between segments. Simpler models had either fused the phalange segments, 
excluded the tendon or the fascia or used a combination of these approaches. 
The models were evaluated against experimental plantar pressure distributions. 
The full model had very close agreement to experimental pressure data. Models 
that reduced the number of phalange bones, removed only the fascia, or 
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combined both these simplifications showed limited deviation from experimental 
results. However those models that removed the tendon or both tendon and 
fascia had a greater deviation from experimental results. It should be noted that 
as this model applied both linear and rotational loads to the ankle, the tendon and 
fascia would be needed to transfer these forces towards the forefoot. When 
considering the specific deigns required by other models for investigation of 
metatarsal stresses these tissues may not need to be present, and the research 
questions any model is developed to answer will inform which simplifications 
should be made. Overall, this study shows that simplification of geometry is an 
effective way to reduce modelling time and that whilst simplifications inevitably 
change results, usually away from those measured experimentally, if 
simplifications are chosen with care the deviation from experimental values can 
be limited. 
The selection of model geometry is important both to give results that are a close 
fit with experimental validation and to manage computational expense. When 
considering the stresses in the second metatarsal, the anatomy of the foot is such 
that the bone is surrounded on three sides at its base by the bones of the midfoot 
and the first and third metatarsals, suggesting that there is limited movement at 
this joint and that modelling using a fixed cantilever approach as seen in the 
literature is appropriate (Fung et al., 2017, Lemmon et al., 1997a, Gross and 
Bunch, 1989, Stokes et al., 1979, Nunns et al., 2017, Firminger et al., 2017). 
However, the surrounding tissue complexity depends on the research question, 
for example if the question is concerning the formation of ulcers in the foot as in 
Gefen (2003b) then the plantar soft tissues and their mechanics are a very 
important consideration and must be included. However the study of Firminger et 
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al. (2017) was able to discern differences in metatarsal stresses with no soft 
tissue modelling.  
2.5.3b Material Properties 
Each individual part of a model must be assigned a specific set of material 
properties in order to complete subsequent analysis. These must be carefully 
considered with appropriate constitutive material models selected that allow the 
model to closely replicate the in-vivo properties of various body tissues. However, 
it is possible in certain cases to simplify the properties of parts to facilitate 
improved computational speed. In this section the material property choices of 
several models in the literature will be considered and the possible effects of this 
choice on the model outcomes will be discussed. 
In the early model of Nakamura et al. (1981) the bone, soft tissue and shoe sole 
are all considered to be homogeneous and isotropic, with the bone being linearly 
elastic and the soft tissue being non-linear. It is known via mechanical testing in 
vitro that these tissues are non-homogeneous, and bone in particular is non-
isotropic (Martin et al., 2015) which as mentioned in section 2.1 allows it certain 
beneficial performance characteristics in-vivo. However these simplifications 
allow a model to be constructed far more quickly and for computation time to be 
reduced. In addition the use of computed tomography scanning and magnetic 
resonance imaging has become far more readily available since these studies 
were completed and allow new methods to model the non-isotropic and non-
homogeneous natures of the bony tissues. A recent example of this is the work 
by Fung et al. (2017) whose model consists of a single metatarsal bone with 
material properties at any point along the bone defined by an optimised density 
function, using the apparent density of the bone taken from a computed 
tomography image. Results showed that the predicted strains in the model 
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formed a relationship with the experimental strains with R2 of up to 0.96. 
Depending on the scanning methods used it is not always possible to measure 
density of the material, for example, when using magnetic resonance imaging, it 
is possible to distinguish between cortical and trabecular bone, but not the 
changes in density in areas of cortical bone. Another study compared two foot 
models, identical, except that one had homogenous bones and the other 
distinguished between cortical and trabecular bone (Garcia-Aznar et al., 2009). 
In this case the homogenous bone was found to underestimate stress 
distributions when compared to the non-homogenous model. Therefore in order 
to investigate stress distribution within bony structures, the inhomogeneous 
nature of bones must be modelled.  
Studies investigating the effect of soft tissue properties on the stresses in diabetic 
feet have found that adjustment of soft tissue properties such as decreased 
thickness, increased hardness or changing the isotropic nature of the soft tissues 
increases the stresses both at the foot-ground interface and at the inner interface 
of the soft tissue where it meets hard tissue (Thomas et al., 2004).Cheung et al. 
(2005) modelled the soft tissue as a hyperelastic material and investigated the 
influence of a five-fold increase in stiffness. The results showed that whilst the 
simulated plantar pressure increased by up to 35%, peak bone stresses 
increased by 7%. These results suggest that the choice of soft tissue properties 
does affect bone stress, and that investigating a model’s sensitivity to these 
changes should be part of any evaluation procedure for a model. 
2.5.3c Loading and Boundary Conditions 
Once suitable geometry and material properties have been decided, the modelled 
parts must be assembled and loading and boundary conditions applied. In the 
case of the foot the model must be constrained such that it best represents the 
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movement that would occur in-vivo, but allow loads to be applied that replicate 
the loading seen in experimental studies. In the foot there are two main sources 
of loading, the loading from the weight of the body at the foot ground interface 
and the loading from the musculature of the lower limb activating to produce the 
movement seen. In the foot this internal loading is caused by the actions of the 
calf plantar flexor muscles such as the soleus and gastrocnemius acting on the 
Achilles tendon, the dorsiflexor muscles such as the tibialis anterior and the 
internal foot muscles such as the flexor digitorum brevis.  
Earlier finite element models often considered only passive forces, for example 
by estimating the total weight bearing at the ankle in quiet standing and applying 
this at the ankle joint. This is the case in the early models such as those of  
Nakamura et al. (1981) and Yettram and Camilleri (1993). Despite the non-
participant-specific loading of Yettram and Camilleri (1993) findings indicated 
good agreement between lines of principle stress and the lines of cancelli found 
using neutron diffraction, suggesting that internal bone loading can be accurately 
modelled using these methods. However loading in this manner is limited, and 
for investigation of more dynamic movements such as running, methods of 
loading must be more detailed, for example by including muscle actions. 
There are several methods to model muscle actions in a participant-specific 
manner. A participant can be asked to perform a series of contractions in a rig 
designed to measure forces and then these measured forces can be applied to 
the model, this is a common method of driving joint motion in musculoskeletal 
models. For models examining internal forces, where the effect of individual 
muscles on bone stress is examined, this method is of limited use, as the muscle 
forces are combined into one force vector. Muscle forces can be inferred from a 
combination of electromyography-used to measure individual muscle activation 
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levels - and estimates of each muscle’s maximum force production capability. An 
inverse dynamics approach can be used to calculate forces at a joint level, based 
on measured ground reaction forces and kinematics and this can be used to drive 
a foot model from a single joint. For example Qian et al. (2013) used a single 
rotational force and two linear forces calculated at the ankle to drive a dynamic 
2D finite element model of the whole foot. Further calculations can be performed 
to resolve this force into individual muscle forces using a static optimisation 
algorithm. This approach can be used to drive 3D foot models that include forces 
and motions at the ankle such as Akrami et al. (2017) where six muscle forces 
were applied to the foot via tendon lines of action, allowing for the effects of an 
individual muscle’s action on stresses in other tissues to be examined. 
Whilst the geometry and loading methods employed by studies such as Akrami 
et al. (2017), Wu (2007) or (Chen et al., 2012) may be highly realistic and include 
the stresses on the metatarsal bones among other outputs, they are also 
extremely complex, requiring the segmentation of many tissues, the 
implementation of interactions between these tissues as well as the generation 
and application of any forces considered. This leads to long development times 
and high levels of computational expense, resulting in studies of single 
participants, reducing their ability to be used in applied studies. Studies focussing 
on only one aspect of the foot such as a single metatarsal bone (Firminger et al., 
2017) or foot ray (Budhabhatti et al., 2007, Lemmon and Cavanagh, 1997) can 
greatly reduce the time needed to segment tissues and for the model to run, 
allowing more data to be analysed. The model developed by Firminger et al. 
(2017) has been used to answer applied questions regarding stresses on the 
second metatarsal during running. This model is essentially a 3D representation 
of the beam theory model of Stokes et al. (1979) whereby a combined force made 
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up of the joint contact forces and vertical ground reaction force  acting under the 
metatarsal head was calculated applied directly to the metatarsal head. The 
model is notable for its simplicity, and its excellent comparisons with ex-vivo 
experimental strain gauge data (Fung et al., 2017). The model reported a 95th 
percentile strain of 3110 µε in control shoes and 4341 µε in minimalist shoes.. 
However, it did not account for the effects of horizontal ground reaction forces, 
either applied directly to the metatarsal head or applied under the toes via the 
joint contact force. It also did not account for the effects of soft tissues and applied 
forces directly to the head of the metatarsal. 
The literature models considered so far have only simulated loading at single 
points in time, whether during a dynamic movement such as walking and running 
or simply standing. Due to the large amount of computational power required, a 
fully dynamic finite element simulation is rarely undertaken. A recent exception to 
this is research by Qian et al. (2013). This 2D model consisted of a fused sagittal 
bone slice with only one articulating part at the toe. A single encapsulating soft 
tissue was included, but no plantar tendon forces or fascia contributions were 
considered. A comparison was made using the model in a fully dynamic 
simulation against discrete points of gait calculated in a quasi-static manner 
around heel strike, mid stance and toe off. Results from the dynamic simulation 
showed that whilst it can match the general trend of ground reaction forces, it 
introduces oscillations which are not seen experimentally. This may in part be 
due to the simplification of bony structure and lack of soft tissue complexity, not 
allowing the model to absorb the initial force of impact as in vivo. When compared 
to the quasi-static loading method, it was seen that the dynamic simulation 
improved the results in some locations and at some time points. There were 
improvements in the heel region at foot contact (0.01 MPa or 10% improvement) 
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and in the metatarsal head region during mid stance (0.04 MPa or 33% 
improvement). However other regions and time points were not different 
(metatarsal head at toe off) or had poorer performance, such as in the heel region 
at mid stance (0.02 MPa or 33% poorer) or the toe region at toe off (0.06 MPa or 
200% poorer), implying that the increased computing time required for a fully 
dynamic simulation may not yield better results. 
Table 1 shows a summary of relevant literature studies of varying methodologies 
and their findings related to estimated or measured second metatarsal loading. 
Table 1: A summary of literature values for measured and estimated second metatarsal loading during 
walking and running. Strains are presented in με; stressed are presented in MPa.  
Study Measurement method Findings (Stress or Strain reported) 
Milgrom et al. 2002 staple strain gauge - barefoot 2685 με walking range (2663 - 2707 με) 
Milgrom et al. 2002 staple strain gauge - barefoot 3603 με jogging (range 1891 - 5315 με) 
Arndt et al. 2002 staple strain gauge - barefoot 1534 (±636) με walking 
Gross and Bunch 1989 Beam theory (non-participant specific) 6662 με running 
Chen et al. 2001b Finite element n=1 4 Mpa walking 
Gu et al. 2010 Finite element n=1 6.65 Mpa walking 
Akrami 2016 Finite element n=1 6.80 Mpa walking  
Firminger et al. 2017 Finite element n=14 minimalist shoe 1937 (±452) με median, 4341 (±917) με 95th% strain 
 
2.6 Summarising the Literature, Aims of the Thesis, Research Questions 
and Hypotheses 
2.6.1 Literature Summary 
Second metatarsal stress fracture has been identified as an injury that is common 
in recreational and competitive distance runners, and amongst athletes that 
include running in their training regimen. The process by which a stress fracture 
forms is well understood. These occur when strains on a bony site are great 
enough in magnitude, rate, frequency or duration to trigger a remodelling 
response, which initially weakens the bone, before strengthening it against the 
loading that initiated the response. In some activities, the strains placed upon the 
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bone may cause a stress fracture through fatigue failure in a physiologically 
reasonable number of cycles without the need for an intermediary remodelling 
process.  
The primary physiological drivers for developing a stress fracture are reasonably 
well understood: where the bone is poorly adapted to manage the loads it is 
subjected to, the risk of developing a stress fracture is high. Specific kinematic 
variables that lead to high bone stresses in the second metatarsal in runners are 
not well studied, however research on other populations such as military recruits 
suggests that individual geometry of both the bones themselves and their 
arrangement as part of the foot are strong determinants of stress magnitude. In 
addition, it is theorised that loading conditions that increase the magnitude of 
forces and pressures under the metatarsal heads such as running in minimalist 
shoes or landing with the more anterior parts of the foot first will increase the 
loading on the metatarsals. Studies have shown that switching from cushioned to 
minimalist shoes or barefoot running can cause a stress fracture to occur within 
a few weeks, but these reports had little or no transition or habituation period and 
it is not clear whether the cushioning, the change in kinematics, or a combination 
are responsible.  
Mathematical models have been useful in understanding internal loading 
variables, especially in situations where the direct measurement of loading is 
difficult or invasive, such as on or within a bone. A number of models of the foot 
exist, ranging from simple beam theory models to finite element models 
incorporating all the bones and soft tissues of the foot. However, these models 
can vary in their ability to answer research questions, each having their own 
limitations. For example, simple beam theory models do not include the force 
absorbing effects of the soft tissues, whereas complex finite element models are 
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time consuming to develop and run and therefore can have limited participant 
numbers.  
Whilst the two modelling methods identified have very different development 
times and computational expense, a direct comparison of their abilities to 
estimate internal loading has not been undertaken, and therefore it is not clear 
whether the potential for increased detail in the results of a finite element model 
outweigh the potential costs in time and computing power to develop and run 
them when compared to a similarly designed beam theory model.  
Answering applied questions should always be undertaken using the best tool, 
but accuracy and detail of results are not the only measures of the usefulness of 
a particular method. The ability to obtain sufficient data from participants, 
influenced by the time needed to perform the study are also important. For the 
investigation of internal bone loading in the foot, this review has shown that 
invasive direct measurement and highly complex models can give highly valid 
and detailed results respectively, but conducting applied studies with these 
methods is difficult and limited. Conversely simple models may be able to provide 
less detailed yet valid results whilst also allowing simulation of the model for 
larger cohorts of participants for applied studies.  
2.6.2 Aims of the Research 
There is insufficient understanding of both the risk factors for developing a second 
metatarsal stress fracture in runners and non-invasive approaches that can 
perform investigations of this nature. This research aims to develop both a 
participant-specific two dimensional beam theory model and a participant-specific 
three dimensional finite element model that can answer research questions 
centred on the risk of developing a second metatarsal stress fracture. These 
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models will be used to understand how second metatarsal stresses differ during 
running in those who habitually run with a rearfoot strike compared to a non-
rearfoot strike. Firstly, a two dimensional beam theory model incorporating 
participant-specific geometry, and experimentally-obtained kinetics and 
kinematics will be used. Based on the limitations and advantages of this model, 
a three dimensional finite element model will then be developed and the same 
data set will be applied. This will allow a comparison of the two models which will 
improve understanding of the best way to model the stresses in the second 
metatarsal. This will have applications to the modelling of other body structures 
as well. Comparing metatarsal stresses between habitual rearfoot and non-
rearfoot strikers will provide a novel understanding of how internal bone loading 
compares between these two groups. 
2.6.3 Research Questions and Hypotheses 
A flow chart of the research programme can be seen in Figure 9. The initial 
research questions and the associated hypotheses are discussed below. 
1. Does habitual footstrike pattern affect the magnitudes of stresses 
experienced by the second metatarsal bone during running? 
Hypothesis: Based on the literature, it was hypothesised that there would be 
greater loading under the metatarsal heads in non-rearfoot runners than 
rearfoot runners. This greater external loading would result in greater stresses 
acting on the bone. 
2.  Does habitual footstrike pattern affect the magnitude of stresses 
experienced by the second metatarsal bone during running when 
modelled using a 2D beam theory approach? 
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Hypothesis 1: Externally measured forces under the metatarsal head would 
not be representative of internal loading when participant-specific geometry 
and kinematics were included in the model.  
Hypothesis 2: There would be greater external and internal second metatarsal 
loading in non-rearfoot runners than rearfoot runners. 
3. Does habitual footstrike pattern affect the stresses experienced by the 
second metatarsal bone during running when modelled using a 3D finite 
element approach? 
Hypothesis 1:  Externally measured forces under the metatarsal head would 
not be representative of internal loading when participant-specific deformable 
geometry and distributed loading were included in the model. 
Hypothesis 2: There would be greater external and internal second metatarsal 
loading in non-rearfoot runners than rearfoot runners. 
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Figure 9: Flow chart of research aims and questions 
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3. General Methods of Data Collection and Analysis 
Detailed methods for each study will be presented in their respective chapter. 
However to avoid repetition, methods and equipment setup that remain 
consistent between studies will be described here. Briefly, one set of 
experimental data were collected, from a group of habitual rearfoot runners and 
a group of habitual non-rearfoot runners. Two models were developed to quantify 
metatarsal loading. These models were then evaluated and used to compare 
these groups of runners, and then the modelling methods themselves were 
compared. 
3.1 Sample Size and Selection 
This thesis utilised a single data collection protocol and developed different 
modelling approaches for their analysis. Based on the literature above, two 
groups of participants were targeted for recruitment: rearfoot strikers who land on 
their heel and mid- to forefoot strikers who were grouped together as non-rearfoot 
strikers. The inclusion criteria for the study were that participants were 
competitive or recreational athletes aged 18 to 60 years of age who participated 
in running activity at least three times per week and for a duration of greater than 
150 minutes per week. Participants were excluded from the study if they reported 
any lower limb injury affecting training in the past year. Eligible participants were 
given information about the study and provided informed written consent. Ethical 
approval for the study was given by the Sport and Health Sciences Ethics 
Committee, University of Exeter. Sample size was estimated using G*Power 
(Faul et al., 2007). Vertical forces under the central forefoot following a change in 
foot strike were used to determine effect size (Warne et al., 2014) as this is an 
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important input variable into any model of the foot. 20 participants was sufficient 
based on an alpha of 0.05 and power of 80%. 
Participants were recruited using a combination of non-probability sampling 
methods - convenience, purposive and snowball sampling. Initial participants 
were recruited in a typical convenience manner using flyers. Participants were 
additionally recruited by word of mouth, where non-rearfoot strikers were 
preferentially selected such that there would be approximately equal groups of 
rearfoot strikers and non-rearfoot strikers. 
In total 20 participants were recruited (10 Female; age 25 ± 9 years; mass 66.5 
± 11.9 kg; height 1.68 ± 0.09 m). No participants reported any current injuries 
affecting their running regimen and no participants had sustained any lower limb 
injuries that prevented their normal training within the last year.  
In order to assess the participant’s foot strike in a habitual running setting, an 
initial trial was conducted with the participant running at the appropriate speed 
whilst wearing their preferred running shoes, contacting a pressure plate that was 
used to determine foot strike pattern. Participants were not informed of the 
outcome of this trial. Following this, runners completed trials as detailed in section 
3.5 barefoot. The barefoot trials were compared to the shod trial to determine 
whether participants were using their habitual shod running foot strike pattern 
whilst completing barefoot trials. Foot strike was assigned using the centre of 
pressure location relative to the foot at the first point of contact according to strike 
index (Cavanagh and Lafortune, 1980): where this was in the rear 30% of the foot 
they were classified as rearfoot strikers, all other strike types were classified as 
non-rearfoot strikers. Examples of these are seen in Figure 10. Two participants 
displayed a foot strike that was consistently more anterior when running barefoot 
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than running in shoes, and these participants were included in the non-rearfoot 
grouping. Two further participants displayed a foot strike that was inconsistent 
when running barefoot compared to the shod trial, producing some trials 
displaying rearfoot and some displaying non-rearfoot characteristics. In these 
cases, extra trials were conducted such that a complete set matching the shod 
trial were collected. These participants were categorised into the group that 
matched their shod trial. In all cases, participants were not informed of their foot 
strike during data collection to avoid influencing their running gait. Of the 20 
participants, 12 were classified as rearfoot (N = 12; 7 Female; age 28 ± 11 years; 
mass 62.6 ± 10.4 kg; height 1.65 ± 0.07 m) and 8 as non-rearfoot (N = 8; 3 
Female; age 20 ± 3 years; mass 72.3 ± 12.3 kg; height 1.73 ± 0.09 m). A students 
T test was used to determine if the groups differed in mass, height or age. No 
differences in mass or age between groups were found, however the non-rearfoot 
group was significantly taller than the rearfoot group (p=0.049). Within the non-
rearfoot group, there were three subgroups of strike types, as defined by Nunns 
et al. (2013): midfoot runners characterised by landing with the midfoot in the first 
two frames of contact; forefoot runners characterised by landing on the 
metatarsal heads in the first two frames of contact, followed by heel touchdown; 
and toe runners characterised by landing on the metatarsal heads during the first 
two frames of contact and where the heel never touches the ground. In total there 
were two midfoot runners, five forefoot runners and two toe runners in the non-
rearfoot group. 
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Figure 10: Typical pressure traces for a NRF (top row) and RF (bottom row) strike. From left to right: initial 
contact, mid-stance, push off. 
 
3.2 Measurement of Kinematics 
The motion capture system used for the experimental data collection presented 
in this thesis is the Codamotion CX 3D motion capture system with four monitors 
(Coda CX1, Codamotion – Charnwood Dynamics Ltd., U.K.), each containing 
three motion sensors. Each CX1 unit can measure marker location independently 
with very low error (±0.05 mm laterally and ±0.3 mm distance from camera). The 
laboratory setup was such that the origin of the laboratory co-ordinate system 
was placed at one corner of a force plate (see section 3.3), the x-axis was set in 
a medial-lateral direction, the y axis in an anterior posterior direction and the z-
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axis was set vertically, with positive upwards. All running trials were completed 
such that the direction of running was in the positive y direction. The cameras 
were set up and placed to cover a capture area of approximately 5 m by 3 m as 
shown in Figure 11. As collection was focussed on the right lower limb, the two 
cameras on the left side of the body were placed to better capture the medial 
aspects of the right leg and help prevent occlusion of any markers placed there. 
The right foot and leg were targeted as regions of interest and marker sets were 
created to capture full movement of the segments of the foot and lower leg up to 
the knee. Kinematic data were collected in tandem with model development, 
therefore although data detailing the motions of the individual segments of the 
foot were captured, after model development only a smaller subset of markers 
were needed for analysis. The remaining data were analysed and the findings 
regarding the motions of foot segments during running are detailed in Appendix 
2. The CX system allows for a fixed number of markers for a given data collection 
frequency. Given the detailed nature of the foot and leg complex 19 markers 
(Coda XM series, Codamotion – Charnwood Dynamics Ltd., U.K.) connected via 
6 active drive boxes (Coda QMDB, Codamotion – Charnwood Dynamics Ltd., 
U.K.) were attached directly to the skin and used to mark strategic bony 
landmarks of the foot and shank, similar to the Oxford Foot Model (Carson et al., 
2001). Photographs identifying marker locations can be found in Appendix 2. To 
maximise repeatability and reliability between participants the markers were 
always placed in the same order and the positions of the markers relative to the 
floor were kept standard using the width of the investigator’s thumb. 
Marker locations were determined using palpation and were secured directly to 
the skin or skin tight clothing using both double sided tape and MicroporeTM tape 
(3M, U.S.A.). Loose wires were secured to prevent accidental marker removal 
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and to prevent wires occluding markers. Data were collected at 200 Hz, kinematic 
gaps caused by marker occlusion were filled using cubic splines and the complete 
trajectories were filtered using a butterworth filter with a cutoff frequency of 12 Hz 
similar to other studies (Rice, 2015).  
3.3 Measurement of External Forces and Pressures 
External forces acting on the foot were measured using a force plate (AMTI 
BP400600HF, Advanced Mechanical Technology Inc., U.S.A.), collecting data at 
1000 Hz. Co-ordinates for the plate were set to match the kinematic lab co-
ordinate system. The force plate analogue signal was converted to a digital input 
via an amplifier (AMTI OPT-SC, Advanced Mechanical Technology Inc., U.S.A.) 
and was integrated into the camera system via a control unit (Coda Active 
CodaHub, Codamotion – Charnwood Dynamics Ltd., U.K.).  
Plantar pressures were measured using a plantar pressure plate (RSscan 0.5 m 
Hi-End Footscan, RSscan – Beringen, Belgium) collecting at the same frequency 
as kinematic data. The pressure plate was placed on top of the force plate such 
that the pressure plate was entirely within the boundaries of the force plate, and 
the force plate zeroed, such that the force collected by the force plate was not 
affected. The pressure plate was triggered to collect data via the kinematic 
collection software, and would measure any force greater than 10 N on the plate. 
Pressure data were collected at 200 Hz using Footscan software (RSscan 
Footscan Gait v7, RSscan – Beringen, Belgium) connected via an interface box 
(RSscan Footscan 3D interface box, RSscan – Beringen, Belgium). A runway 
was constructed from EVA panels such that the pressure plate was flush with the 
running surface and participants would not have to adjust their stride to account 
for it. A diagram of the experimental setup can be seen in Figure 11. 
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Figure 11: A diagram of the lab layout. Force plate and pressure plate (centre rectangle) with arrow 
indicating direction of travel, red circles and arrows approximate camera locations and blue boxes show 
timing gate locations. 
 
3.4 Measurement of Internal Geometry 
For accurate estimation of internal forces, the structure of internal tissues must 
be known. This allows both geometry and mechanical properties to be correctly 
assigned to parts of a model. In this thesis, Magnetic Resonance Imaging (MRI) 
was used for all internal geometry. All MRI scans were made in three orthogonal 
planes in order to facilitate three dimensional reconstruction of tissues at a later 
date. To determine individual metatarsal geometry, magnetic resonance (MR) 
images were collected from each participant whilst lying supine within a 1.5 T 
superconducting whole body scanner (Gyroscan Intera, Philips, The 
Netherlands). The location of the second metatarsal and phalange was initially 
identified via palpation and a cod liver oil capsule placed on the foot at that 
location using micropore tape. Cod liver oil capsules were additionally placed at 
the head of the first and fifth metatarsals, using the kinematic marker locations. 
The unloaded foot was then placed against a flat vertical barrier within a 
quadrature head coil to minimize movement, and to ensure each data set was 
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acquired with the foot in a similar position. Stacks of MR images covering the 
whole of the foot and centred around the second metatarsal, as identified in the 
images from the high intensity cod liver oil capsule, were then acquired in sagittal, 
coronal and axial planes. In all cases a T1 weighted (repetition time 20 ms, echo 
time 4.0 ms, flip angle 500) 3D gradient echo sequence was utilised with an in-
plane resolution of 0.3 x 0.3 mm and a slice thickness of 0.7 mm. Depending on 
the imaging orientation, between 60 and 160 slices within a stack were required 
for full coverage. Typical slices through the metatarsal in all three planes are 
shown in Figure 12, Figure 13 and Figure 14. 
 
Figure 12: A typical sagittal image slice used to calculate bone geometry 
  
Figure 13: Typical mid-shaft slice used to calculate bone geometry 
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Figure 14: A typical mid-shaft slice in the transverse plane 
3.5 Running Protocol 
The participant’s height and mass were measured whilst participants wore their 
own running kit. Synchronised kinematic, kinetic and plantar pressure data were 
collected during running at a constant velocity of 3.6 ms-1. Trials were completed 
barefoot. An opportunity to warm up was given and familiarisation trials were 
completed until the participant was comfortable running at the desired velocity on 
the surface. Feedback on the running velocity was provided after each attempt. 
This was obtained using a set of timing gates (Microgate Witty system, Microgate 
U.S.A., New York, U.S.A.) set up 3 m apart with the force plate in the centre 
(Figure 11). 
The experimental protocol consisted of running at constant velocity ensuring that 
the right foot contact was within the pressure plate boundaries. A trial was 
considered successful when the right foot contacted the plantar pressure plate, 
velocity was registered as 3.6 ms-1 (±5%), markers showed good visibility during 
foot contact with the pressure plate and the investigator observed no unusual 
movement during footplate contact. In total ten successful trials were recorded 
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per participant. For the purpose of comparison of the modelling outputs against 
previous literature measurements of second metatarsal stresses, one participant 
was asked to conduct 5 trials whilst walking at a self-selected speed in addition 
to their running trials. The data collection setup was identical for these extra trials. 
A detailed description of any analysis of this data for use as modelling inputs can 
be found in the respective chapters (4 and 5). 
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4. Incorporating Participant-Specific Geometry in a 2D Beam 
Theory Model to Compare Metatarsal Stress during Running 
with Different Foot Strike Patterns 
As outlined in the literature review (2.1) measurement of the magnitude of internal 
stress experienced by the metatarsal is useful when considering the formation of 
stress fractures. The magnitude of loading on the second metatarsal when using 
differing foot strike modalities is not well understood. The aim of this study was 
to develop and evaluate a participant-specific beam theory model to investigate 
whether the magnitudes of forces and stresses acting on the second metatarsal 
at the head and mid-shaft during running differ between rearfoot and non-rearfoot 
runners. Evaluation was conducted using both an input sensitivity analysis and 
by comparison of the outputs of the model with other models and strain gauge 
data during both walking and running. It was hypothesised that non-rearfoot 
strikers would experience both greater external and internal second metatarsal 
loading than rearfoot strikers during running. Data were collected for this study in 
line with the procedures outlined in Chapter 3. 
4.1 Model Design 
The forces acting on the second metatarsal were estimated using a model similar 
to  Stokes et al. (1979) and Gross and Bunch (1989), with stresses calculated at 
the upper and lower surfaces of the bone at the midpoint of the shaft, using a 
similar approach to that of Meardon and Derrick (2014).  
Figure 15 shows the forces considered in the model. Assumptions in the model 
are: 
1. The MTP joints are frictionless (Stokes et al., 1979) 
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2. Forces due to accelerations of the components are negligible (Stokes et 
al., 1979) 
3. No extensor muscles act during ground contact (Stokes et al., 1979) 
4. The second ray of the foot is independent of other metatarsals and toes 
(Stokes et al., 1979) 
5. The load is shared equally between the long and short plantar tendons 
6. The masses of the segments are negligible 
7. The forces act at points underneath the metatarsal head and toe 
8. Forces and kinematics in the mediolateral direction are negligible 
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Figure 15: Forces and dimensions considered in the mathematical model. Note: lm represents metatarsal 
length, lt represents toe length, r1 and r2 represent the lower and upper radii of the metatarsal head, α 
represents the angle between the metatarsal and the horizontal, P represents the long and short plantar 
tendon forces, Fax represents the axial compression force, Fsh represents the shear force, Mbe represents 
the midshaft bending moments, σd and σs represent the dorsal and plantar midshaft stresses, ε represents 
the distance from the lower surface of the metatarsal head to the plantar tendon and θ is the angle of 
plantar tendon action (adapted from Stokes et al. (1979)). 
 
The forces due to the long and short plantar tendon is therefore simplified to a 
single force acting to bisect the angle between the two tendons. The angle 
between tendons (β) was taken to be 10° based on the work of  Jacob (2001) 
using cadaveric measurements, thus θ can be calculated using Equation 3. 
𝜃 = 𝛼 −
𝛽
2
 
Equation 3: Calculation of the angle of action of the plantar tendons 
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First the toe is considered in isolation (Figure 16). In equilibrium the sum of linear 
forces equates to zero, giving equations 04 and 05. Summing the moments acting 
at the MTP joint gives Equation 6. From these, the joint contact forces and the 
force in the plantar tendons can be calculated. In this case the joint contact force 
represents the forces experienced by the metatarsal due to bone on bone contact 
from the phalange as described by Vigotsky et al. (2019).  
𝐹𝑡𝑧 + 𝐹𝑗𝑧 + 𝑃𝑠𝑖𝑛𝜃 = 0 
Equation 4: Summing linear forces acting on the toe vertically 
𝐹𝑡𝑦 + 𝐹𝑗𝑦 − 𝑃𝑐𝑜𝑠𝜃 = 0 
Equation 5: Summing linear forces acting on the toe horizontally 
𝐹𝑡𝑧𝑙𝑡 = 𝑃(𝜀 + 𝑟1) 
Equation 6: Summing moments about the metatarsophalangeal joint 
 
Figure 16: Free body diagram for the toe – Ftz and Fty represent the vertical and horizontal ground reaction 
forces acting under the toe, Fjz and Fjy represent the vertical and horizontal joint contact forces at the MTP 
joint. 
Now the metatarsal can be considered (Figure 17). Resolving forces axially and 
perpendicularly gives equations 07 and 08. The bending moment at the mid shaft 
can be calculated using Equation 9. 
𝐹𝑎𝑥 = 𝐹𝑚𝑧𝑠𝑖𝑛𝛼 + 𝐹𝑗𝑦𝑐𝑜𝑠𝛼 − 𝐹𝑚𝑦𝑐𝑜𝑠𝛼 − 𝐹𝑗𝑧𝑠𝑖𝑛𝛼 
Equation 7: Calculation of axial forces in the metatarsal 
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𝐹𝑠ℎ = 𝐹𝑚𝑧𝑐𝑜𝑠𝛼 + 𝐹𝑚𝑦𝑠𝑖𝑛𝛼 − 𝐹𝑗𝑧𝑐𝑜𝑠𝛼 − 𝐹𝑗𝑦𝑠𝑖𝑛𝛼 
Equation 8: Calculation of shear forces in the metatarsal 
𝑀𝑏𝑒 = 𝐹𝑚𝑧 (
𝑙𝑚 − 𝑟2
2
) 𝑐𝑜𝑠𝛼 + 𝐹𝑚𝑦 (
𝑙𝑚 − 𝑟2
2
) 𝑠𝑖𝑛𝛼 − 𝐹𝑗𝑧 (
𝑙𝑚 − 𝑟2
2
) 𝑠𝑖𝑛𝛼 − 𝐹𝑗𝑦 (
𝑙𝑚 − 𝑟2
2
) 𝑐𝑜𝑠𝛼 
Equation 9: Calculation of the moment acting at the midpoint of the metatarsal 
 
Figure 17: Free body diagram for the metatarsal – Fmz and Fmy represent the vertical and horizontal ground 
reaction forces acting under the toe. 
Lastly, stress can be calculated using these forces and the cross-sectional 
geometry of the metatarsal at midshaft. 
Axially, the stress is given by Equation 10, and bending stress is calculated using 
Equation 11. 
𝜎𝑎𝑥 =
𝐹𝑎𝑥
𝐶𝑆𝐴
 
Equation 10: Axial stress calculation where CSA represents the cross sectional area 
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𝜎𝑏𝑒 =
𝑀𝑏𝑒𝑟
𝐼
 
Equation 11: Bending stress calculation where r represents the radial distance from the centre of the bone 
to the surface, I represents the area moment of inertia of the cross-section 
Finally, the mid-shaft stresses at the dorsal and plantar bony surfaces can be 
calculated using Equation 12. 
𝜎𝑑 = 𝜎𝑎𝑥 + 𝜎𝑏𝑒 
𝜎𝑝 = 𝜎𝑎𝑥 − 𝜎𝑏𝑒 
Equation 12: Normal stress acting on the upper and lower surface of the midshaft, d and p represent 
dorsal and plantar surfaces, σax represents axial stress and σbe represents bending stress 
 
To obtain the estimated ground reaction force under the second metatarsal and 
toe for input into the model, the pressure in each cell under the metatarsal head 
and second toe was summed and then calculated as a percentage of the 
pressure across all cells in that frame of stance. The ground reaction force 
measured using the force plate was then scaled by this percentage. This was 
repeated for each frame of stance using a custom Matlab script (Matlab 2016b, 
MathWorks, MA. U.S.A.). A typical foot outline showing the last, dividing lines and 
edited pixels can be seen in Figure 18. 
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Figure 18: The heat map of pressure distributions overlaid with the mask outline and section lines (right), 
the final pixel mask for comparison.  
The toe length (lt) was measured from the head of the metatarsal to the point of 
toe contact with the ground by placing the zero point of a flat metal rule against 
the underside of the metatarsal head and allowing the participant to stand on it. 
The point at which the toe touched the ruler was recorded as lt. To obtain α, a 
vector from the distal marker to the proximal marker on the metatarsal was 
calculated and the angle between this vector and the ground throughout stance 
was obtained.  
The simplified bone geometry for the model was calculated using ImageJ (ImageJ 
1.50i, Wayne Rasband, National Institutes of Health, U.S.A.). To calculate the 
radii r1 and r2, an image slice was selected in the sagittal plane in the centre of 
the bone, in which the distal epiphysis was completely visible. The circle fitting 
function was used whereby a number of points were marked along the edge of 
the bone in the image and a circle fitted to them. Metatarsal length, lm, was 
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calculated in the sagittal plane on three consecutive slices in which the bone was 
completely in view and taking mean of the three lengths.  
Cross sectional information was calculated using a custom MATLAB script 
(Kenny et al., 2019). The image of the cross section from 50% of the length of 
the second metatarsal was imported and the brightness adjusted to make the 
cortical and trabecular bone areas more distinct from the background. A canny 
edge detection algorithm was used to find the edges of the bone and the area of 
the cortical bone was divided into a series of triangles from which the cross-
sectional area and area moment of inertia could be calculated (Figures 19 and 
20). This method is similar mathematically to that used by Nunns et al. (2017). 
Analysis of the method noted that the error in both the area moment of inertia and 
cross-sectional area dreased with increasing numbers of triangles. 96 triangles 
represents an error of approximately 1% in the area moment of inertia and 0.3% 
in the cross-sectional area. All slices used contained approximately 100 triangles. 
Cross-sectional area and area moment of inertia values were input into equations 
17 and 18 to calculate stress at the midshaft.  
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Figure 19: A: Original image of cross section, B: Image with altered contrast, C: Initial edge detection, D: 
Final edges with centroid plotted in blue. 
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Figure 20: Outline of cross section divided into triangles, with the centroid of each triangle plotted as 
circles. 
Peak values were calculated for the vertical ground reaction force (vGRF) under 
the second metatarsal head (Fmz), the axial force acting on the metatarsal (Fax), 
the shear force acting on the metatarsal (Fsh), the bending moment acting at 50% 
of the metatarsal length (Mbe), plantar stress acting at 50% of the metatarsal 
length (σp) and dorsal stress acting at 50% of the metatarsal length (σd) and 
averaged over the ten trials for each participant. Two participants (one RF, one 
NRF) had additional sites along the metatarsal assessed at 10% intervals 
between 30% and 80% of the metatarsal length, from proximal to distal in order 
to examine how stresses changed along the length of the bone. This range 
effectively contains the diaphysis of the metatarsal but excludes the epiphysis. 
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The stresses calculated at these points were interpolated and are displayed as a 
surface. 
4.2 Analysis 
In order to evaluate the model a sensitivity analysis was conducted. A single trial 
from a single participant was manipulated to individually increase input variables 
by 10% and the effects on output variables was observed. Furthermore, the 
model outputs were computed using the walking data collected from a single 
participant. This and the running data were compared with other literature models 
and strain gauge studies for both walking and running. 
Statistical analysis to compare the two groups of participants was carried out both 
in SPSS (Version 24.0, SPSS Inc., Chicago, IL, USA) (discrete variables) and in 
Matlab using open source statistical parametric mapping (SPM) scripts 
(http://www.spm1d.org (Pataky et al., 2016)), with a significance level of P ≤ 0.05. 
Discrete variables were examined using a Shapiro-Wilk test to confirm normality 
(P ≥ 0.05). Means were compared using an independent T-Test (normally 
distributed variables) or a Mann-Whitney-U test (non-normally distributed 
variables). Effect sizes were calculated using Cohen’s d (Cohen, 1988) for all 
variables where P ≤ 0.05. 
4.3 Results 
4.3.1 Sensitivity Analysis 
Results of the sensitivity analysis assessing the influence of manipulating input 
variables on peak values are presented in Table 02. For most input variables an 
increase of 10% did not increase output variables by more than a few percentage 
points. 
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Table 2: The percentage change in output variables given a 10% increase in individual input variables 
Input Mbe (%) σd (%) σp (%) 
r1 0.2 0.1 0.4 
r2 -1.0 -1.0 -1.1 
ε 0.1 0.0 0.2 
β -0.3 -0.3 -0.4 
lm 11.0 10.4 11.7 
lt -0.3 -0.1 -0.6 
CSA 0.0 -0.5 0.6 
r 0.0 9.5 10.6 
I 0.0 -8.6 -9.7 
Fmz 8.9 8.9 9.2 
Fmy 0.6 0.6 0.7 
Ftz 0.3 0.5 0.1 
Fty 0.1 0.0 0.1 
α -6.2 -5.5 -7.0 
4.3.2 Discrete Analysis 
Peak stresses are presented in Table 3. There was greater axial force, bending 
moments and vGRF under the second metatarsal in non-rearfoot strikers 
compared to rearfoot strikers. However there was no difference in stresses 
between foot strikes. Peak dorsal stress values for each individual against body 
weight are presented in Figure 21. Peak bending stress was found to contribute 
96.3% (±4.39%) of the peak compressive stress on average, with no difference 
between groups. Time of peak stress was also reported for descriptive purposes.  
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Table 3: Peak variables Compared between foot strike modalities 
Variable 
Mean (SD) 
P d 
RF NRF 
Midshaft Dorsal Stress (MPa) -210.18 (89.66) -244.73 (36.09) 0.249 0.5 
Midshaft Plantar Stress (MPa) 196.16 (84.62) 223.14 (35.73) 0.341 0.4 
Axial Force (N) 263.60 (89.41) 427.79 (63.57) <0.001* 2.1 
Shear Force (N) 294.27 (58.80) 342.04 (33.39) 0.053 0.9 
Midshaft Bending Moments (N.m) 9.35 (1.90) 11.63 (1.97) 0.019* 1.2 
vGRF under MT2 Head (N) 309.01 (63.76) 381.98 (57.23) 0.018* 1.2 
Time of Peak Dorsal Stress (% stance)  58.7 (3.7) 56.6 (3.6) 0.243 0.5 
Time of Peak Plantar Stress (% stance) 58.5 (3.8) 56.6 (3.4) 0.275 0.5 
Cross-sectional area (m2) 3.7 x 10-5 (6.6 x 10-6) 3.8 x 10-5 (5.4 x 10-6) 0.853 0.1 
Area moment of inertia (m4) 2.1 x 10-10 (9.1 x 10-11) 2.1 x 10-10 (7.4 x 10-11) 0.997 0.0 
Radial distance from bone centre to 
surface (m) 
3.8 x 10-3 (3.5 x 10-4) 3.9 x 10-3 (2.5 x 10-4) 0.385 0.0 
* Significant (P ≤ 0.05) between groups, negative indicates compressive stress. MT2: second metatarsal. 
 
Figure 21: scatter plot displaying individual peak stress values plotted against body weight for rearfoot 
(RF) and non-rearfoot (NRF) strikers. 
4.3.3 SPM Analysis 
Comparison of group mean stress time series between foot strikes is shown in 
Figures 22 and 24. Forefoot strikers showed both greater compressive stress on 
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the dorsal surface and greater tensile stress on the plantar surface in early 
stance. The t value throughout stance for both comparisons is shown in figures 
23 and 25. 
 
Figure 22: Comparison of dorsal stress between foot strike types. Negative values represent compression. 
Vertical shaded area shows areas of significant differences. 
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Figure 23: t values for a comparison of dorsal stress between foot strike types across the whole of stance. 
Area below the alpha line is significant. 
 
Figure 24: Comparison of plantar stress between foot strike types. Negative values represent 
compression. Vertical shaded area shows areas of significant differences. 
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Figure 25: t values for a comparison of dorsal stress between foot strike types across the whole of stance. 
Area above the alpha line is significant. 
4.3.4 Analysis of Additional Points along the Metatarsal Shaft  
Figures 26 to 29 show interpolated surfaces of peak metatarsal stress at 10% 
intervals along the metatarsal shaft. The stress magnitudes are dependent on the 
participant-specific inertial and cross sectional data. Notably, some areas of the 
bone show lower stresses despite higher bending moments. 
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Figure 26: Dorsal stress surface for the single NRF participant. 100% of the metatarsal axis represents the 
most distal location. Negative values for stress represent compression and positive values represent tension. 
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Figure 27: Dorsal stress surface for the single RF participant. 100% of the metatarsal axis represents the 
most distal location. Negative values for stress represent compression and positive values represent 
tension. 
 
Figure 28: Plantar stress surface for the single NRF participant. 100% of the metatarsal axis represents the 
most distal location. Negative values for stress represent compression and positive values represent 
tension. 
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Figure 29: Plantar stress surface for the single RF participant. 100% of the metatarsal axis represents the 
most distal location. Negative values for stress represent compression and positive values represent 
tension. 
4.4 Discussion 
This study developed a novel approach to estimating metatarsal stress during 
running, adapted from previous beam theory models and with the addition of 
accurate, participant-specific bone geometry. This new model was then used to 
compare forces and stresses acting on the second metatarsal during running 
between runners with different habitual foot strike patterns.  
4.4.1 Evaluation 
4.4.1a Input Sensitivity Analyses 
Results from the input sensitivity analysis give confidence that the model is robust 
to small errors in measured values. The model is sensitive to changes in variables 
that are changeable between participants, such as ground reaction forces and 
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the pitch angle the metatarsal makes with the floor. This suggests that it would 
be able to detect differences in stresses caused by changes in kinetic or 
kinematic variables between groups. However the model is also sensitive to small 
changes in metatarsal length, with an increase of 10% resulting in 19.96 MPa 
change to stress variables, due to its impact on bending moments. Whilst the 
model is not sensitive to changes in the cross-sectional area of the metatarsal, it 
is highly sensitive to the radius of cross-section and inertial inputs, with a 10% 
increase in either giving a 16.47 or 18.11 MPa increase respectively. These 
sensitivities again give confidence that the model could identify stress differences 
caused by geometrical differences between groups. Whilst an increase of 16.47 
MPa seems large, it is approximately a 9% increase, consistent with the 
percentage increase in the input value. Therefore, confidence is required in the 
reliability of the methods of measurement of geometry values, and participant-
specific measurements are necessary to gain a true understanding of stresses 
when using this model. 
4.4.1b Comparison of Running and Walking Results with Existing Studies 
For all runners, the dorsal surface of the metatarsal was under compression 
throughout stance whereas the plantar surface was under tension, with similar 
magnitudes of stress observed on each surface. Peak pressure acting under the 
second metatarsal in the present study (RF: 412 kPa NRF: 572 kPa) was similar 
to that reported by Nunns et al. (2013) (RF: 442 kPa NRF: 464 kPa). Average 
peak compressive stress across the entire group of runners was 224 MPa in the 
present study. Gross and Bunch (1989) used a similar modelling approach during 
shod running to estimate second metatarsal strain, but modelled the cross section 
as a hollow ellipse. Converting their reported strain value to stress using their 
reported Young’s Modulus (17 GPa) reveals stresses of 113 MPa, far lower than 
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in the present study. Both models derived stress from midshaft bending moments 
which were similar between studies (9.35 N.m for rearfoot strikers in the present 
study compared with 7.71 N.m reported by Gross and Bunch). This suggests the 
difference in stress magnitudes between studies is predominantly influenced by 
the difference in metatarsal geometry. There was a large range of area moment 
of inertia values in the present study (8.15 × 10−11- 3.83 × 10−10 m4). When 
modelling the metatarsals in the present study as a hollow ellipse for comparison 
with Gross and Bunch the average area moment of inertia was 1.7 × 10−10 m4, 
35 times smaller than the value reported by Gross and Bunch (5.8 e-9 m4), 
contributing to greater bending stress values despite similar bending moment 
values. This substantial difference in the inertial properties measured between 
the two studies is likely to result from the number of estimations made in the study 
by Gross and Bunch. Firstly, they modelled the bone as a hollow ellipse, which 
assumes evenly distributed mass about the central axis, and secondly, they used 
scaled cadaveric data from literature sources for lengths and diameters. 
Furthermore, the metatarsal stress reported by Gross and Bunch did not include 
the contribution due to axial compression, although in this study, axial 
compressive stress contributed only 3.7% on average to total stress and there is 
no reason to believe any contributions calculated by the methods of Gross and 
Bunch would not be similarly small. 
In-vivo strain estimates obtained during barefoot treadmill running (3.1 m.s-1) from 
two participants were 1891 µε and 5315 µε (Milgrom et al., 2002). Using the same 
Young’s Modulus of 17 GPa, this equates to 32 MPa and 90 MPa respectively, 
also lower than the values calculated both in the present study and the value 
calculated by Gross and Bunch. The average peak stress reported in the present 
study is higher than reported values for the failure point of cortical bone (e.g. 195 
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MPa,  (Martin et al., 2015)) however, the reported value for the ultimate stress of 
cortical bone varies greatly depending on the sample site and testing method 
used (Wolfram and Schwiedrzik, 2016). The disparity between stress values 
reported in the present study and those reported throughout the literature 
suggests that relative rather than absolute values are most useful in 
understanding the influence of different conditions on metatarsal loading. 
Table 4 shows Peak output variables for one participant when running and when 
walking. Stokes et al. (1979) provided detailed results for metatarsals during 
walking in their study, including time history figures for all outcome variables. 
Therefore the results of walking data from this study were compared to that of 
Stokes et al. (1979). It should be noted that whilst the current study assumed an 
equal division of force between the plantar flexor muscles, Stokes et al. (1979) 
does not specify the exact division, stating instead that the short plantar tendon 
was assumed to carry between zero and half of the force carried by the long 
plantar tendon, providing an upper and lower bound for the output forces. For 
comparison an average value of the upper and lower bounds provided by Stokes 
was used. In addition, Stokes et al. (1979) provided each value as a percentage 
of the average bodyweight of the participants. This analysis is also included here. 
Stokes et al. (1979) found axial forces of 535.5 N or 82.75 %BW, which is greater 
than the forces found in the current study during walking. Bending moments are 
similar between the two studies with Stokes et al. (1979) finding moments of 7.95 
N.m or 1.2 %BW. Although it should be noted that Stokes et al. (1979) calculated 
the bending moments at the base of the metatarsal, not at the halfway point as in 
the current study. The shear forces in this study are higher than that of Stokes et 
al. (1979) who found 142.5 N or 21.05 %BW. These differences may arise from 
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the treatment of the toe as a rigid segment attached to the metatarsal, rather than 
calculating joint contact forces as seen in the present study. 
Table 4: Peak output variables between walking and running in a single participant 
Gait Fax (N) Fsh (N)  Mbe (N.m) σd (MPa) σp (MPa) Fm (N) 
Walking 173.29 205.11 6.36 -75.66 70.71 214.82 
Walking (%BW) 31.66 37.47 1.16 -13.82 12.92 39.24 
Running 295.63 295.18 9.16 -111.27 99.29 297.13 
Running (%BW) 54.01 53.92 1.67 -20.33 18.14 54.28 
 
In addition, the time histories of the three primary outcome variables  from Stokes 
et al. (1979) are compared here with the time histories from this study’s walking 
data (Figures 30 - 32). It can be seen that axial force time history for the present 
study follows a similar shape to that calculated by Stokes, despite differences in 
magnitudes. The time histories for shear forces and bending moments are 
different in shape, with the present study registering zero force during early 
stance in contrast to the shape calculated by Stokes where both shear forces and 
bending moments in the second metatarsal rise immediately at the onset of 
stance. The participant analysed in the current study contacted the ground with 
the heel first and the forefoot did not make contact until 11% of stance on 
average. With no forces present under the toe during this time, it is not possible 
using the presented model to estimate the forces experienced by the second 
metatarsal at this time, although they are assumed to be close to zero. It is not 
clear whether the participant presented by Stokes walked with different 
kinematics to the participant in the present study.  
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Figure 30: Axial force time history for walking data. Top: Present study, Bottom: Taken from Stokes et al. 
(1979), line labelled 2 representing the lower bound of second metatarsal forces 
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Figure 31: Shear force time history for walking data. Top: Present study, Bottom: Taken from Stokes et al. 
(1979), line labelled 2 representing the lower bound of second metatarsal forces 
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Figure 32: Bending moment time history for walking data. Top: Present study, Bottom: Taken from Stokes 
et al. (1979), line labelled 2 representing the lower bound of second metatarsal forces 
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In another mathematical model, Jacob (2001) found that the head of the second 
metatarsal transfers around 28% BW to the ground, but notes that the range in 
other studies is 3.3 – 42.4 % BW (Hayafune et al., 1999), and that the forces in 
the  long and short plantar tendons amount to 9% and 13% of bodyweight 
respectively. In this study, the peak force under the second metatarsal during 
walking was 39% BW, within the range above. The broad range of values 
previously reported is indicative of the challenge of validating modelling 
approaches. In this study the plantar tendons had a peak force of 14 % BW on 
average between them. This is very similar to the model of Jacob (2001). There 
are some key differences between the work of Jacob (2001) and the present 
study, namely the use of cadaveric feet to acquire the data, including direct 
measurement of geometry. Without knowing the origin and quality of the feet, it 
is difficult to assess how valid it is to compare the work of Jacob (2001) to the 
present study where all the feet belonged to healthy, relatively young runners.  
Milgrom et al. (2002) reported stains of 2707 µε and 2663 µε in two participants 
during barefoot walking with an implanted strain gauge, equivalent to 46.02 MPa 
and 45.27 MPa respectively using a Young’s modulus of 17 GPa. This study 
reports stresses of 75 MPa, again higher than measured experimentally. The 
exact location along the shaft of the strain gauges is not noted by (Milgrom et al., 
2002), which could affect the magnitude of any strains recorded. 
4.4.2 Analysis of Differences between Groups 
In contrast to the hypothesis, peak compressive and tensile stresses were not 
different between non-rearfoot and rearfoot strikers. Both compressive and 
tensile stresses were greater during early stance in non-rearfoot than rearfoot 
strikers according to SPM analyses, but no differences were observed at the time 
of peak stress. Observation of individual peak stress values (Figure 21) supports 
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this, demonstrating no marked differences in stress magnitudes between groups, 
influenced in part by a wider range of values in the RF runners. The differences 
in early stance could be expected based on the more anterior foot contact in non-
rearfoot than rearfoot strikers, but it is important to note that the peak stresses 
occurred at the same point during stance in the two foot strike categories. 
Therefore the significant differences in stress between these groups only 
occurred in early stance when the stress magnitudes were lower. The magnitude 
of bone stress is understood to be important when considering risk of stress 
fracture, but it is not well-established what magnitudes of peak stress may be 
detrimental. Therefore these results suggest that foot strike does not influence 
the magnitude of peak metatarsal stress during running, and therefore may not 
influence the risk of stress fracture via this mechanism.  
The external forces acting under the metatarsal head were significantly greater 
in the non-rearfoot runners than rearfoot runners, and this was also the case for 
all calculated variables, other than shear forces, that did not include participant-
specific bone geometry (axial force and bending moments). However the 
stresses - which are influenced by participant-specific bone geometry - are similar 
between groups. This supports recent research suggesting that external loading 
measures such as plantar pressures and ground reaction forces may not be a 
good method of estimating internal loading (Matijevich et al., 2019) as well as 
research suggesting that geometry is the largest determinant of metatarsal stress 
magnitude (Nunns et al., 2017). This is further supported by the stress surface 
plots, displaying areas of lower stress despite larger bending moments, a finding 
shared with the work of Nunns et al. (2017). It may also support the mechanostat 
theory that habitual loading leads to bony adaptation in order to better resist that 
loading (Frost, 1987).  
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4.4.3 Limitations 
The model presented provides a useful tool to allow non-invasive estimates of 
internal metatarsal loading during barefoot running. However, models require 
assumptions and these introduce limitations. The model used did not account for 
surrounding soft tissues in the foot such as the fat pad under the metatarsal 
heads. This soft tissue plays a role in cushioning and distributing the forces acting 
at the sole of the foot, in this case the forces measured externally to the foot were 
assumed to apply directly to the bone, leading to overestimation of stresses. In 
addition to soft tissue cushioning, several potential soft tissue mechanisms for 
reducing the strain on the metatarsal bone were not modelled, namely the short 
and long plantar ligaments, which attach near the base of the metatarsal and act 
passively to support the tarsometatarsal joints; and the plantar aponeurosis, 
which acts to support and maintain the longitudinal arch of the foot and has the 
mechanical effect of reducing the bending in the metatarsal. Modelling of the 
forces in these tissues, particularly the plantar aponeurosis is likely to reduce the 
bending moments in the second metatarsal. Modelling the interaction of these 
soft tissues in the foot would be a beneficial next step in investigating the forces 
in the metatarsals during different running conditions.  
Although the geometry considered was participant-specific, only non-deformable 
geometry was included and this does not reflect the complex shape of the 
metatarsal. Additionally, the cross-section was considered to be symmetrical, 
whereas in reality there are differences in the mass distribution between the 
dorsal and plantar halves of the metatarsal shaft. It is not clear how much 
difference an asymmetrical calculation would make to these results, but this 
would not only be influenced by the geometry of the bone but also the density of 
the bone. Similarly, the vector angle used to determine the angle between the 
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metatarsal and the ground does not account for deviation of the foot away from 
the direction of travel. In addition the cross section of the metatarsal used 
assumes orientation of the metatarsal to be fixed with regard to the forces acting 
on it, whereas in reality the change in angle during stance is likely to change the 
inertial information and the resulting radius. It has already been seen in section 
4.3.1 that the modelled stresses are sensitive to changes in I and r and just a 
10% adjustment in either will change the stress values by around 20 MPa. This 
is a significant limitation that warrant further investigation in subsequent studies. 
A finite element model would effectively remove this limitation as the geometry of 
the entire bone is modelled. 
This study assessed metatarsal stress during barefoot running, whereas the vast 
majority of runners wear shoes during running. Previous studies have shown that 
the choice of footwear can affect external forces differently depending on foot 
strike modality (Rice et al., 2016). Assessment of metatarsal stress during 
barefoot running removed the confounding influence of footwear, but does not 
truly represent the habitual running condition of the participants. Footwear 
introduces an additional layer of cushioning under the foot, and has an unknown 
effect on the mechanics of metatarsal bending, therefore it is not clear whether 
footwear would act to increase or reduce stresses on the metatarsal in both 
groups, one of the groups or neither. Measuring the motion of individual sections 
of the foot such as the metatarsals whilst shod is particularly difficult, as the shoe 
moves independently of the foot and bony land marks are obscured. It is normal 
practice in this case to modify the shoe by removing material, such that markers 
can be directly attached to the skin. However, this in itself alters the response of 
the footwear to the activity being studied (Balsdon and Dombroski, 2018) and for 
practical purposes, requires shoes that the participants may not be familiar with, 
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or may not be sized appropriately. In the case of this study the use of barefoot 
running is acceptable, but future research should build on the results here to 
include shod running. 
 Lastly, the group representing non-rearfoot strike runners included both midfoot 
and forefoot strikers and these groups have different kinetic and kinematic 
characteristics (Nunns et al., 2013). However, the standard deviations of the peak 
stress values for this group were smaller than for the rearfoot strike group, 
providing confidence that this grouping is robust when assessing peak second 
metatarsal stress. 
4.4.4 Conclusions 
In conclusion, the model presented here appears to overestimate the stresses 
present in the second metatarsal, as measured using in-vivo strain gauges, 
particularly during running. However, it compares more favourably with other 2D 
models, particularly during walking. Other models of running, such as that of 
Gross and Bunch (1989), produce values for stress that, whilst lower than the 
values presented here, still overestimate stresses when compared to strain 
gauge data. Whilst direct measurement using strain gauges is the gold standard, 
they are associated with numerous limitations and so should be used cautiously. 
Upon evaluation, the model presented is capable of discerning differences in 
internal loading between groups displaying differing running characteristics, but 
should not be used to infer the risk of stress fracture injury as it is not known what 
magnitude of stress is clinically relevant to the development of a stress fracture 
and the model appears to overestimate absolute magnitudes of stress. Results 
from the group comparison indicate that forefoot strikers had greater second 
metatarsal stress than rearfoot strikers during early stance, but there was no 
difference between groups in peak stress. Furthermore, it was observed that a 
119 
 
difference in external forces does not necessarily lead to a difference in internal 
loading. This suggests that measurement of external forces to infer injury risk is 
flawed, and that either direct measurement or a participant-specific approach to 
modelling internal forces is necessary.  
Overall these results suggest that beam theory models may overestimate 
stresses in the metatarsals in general, but may be valuable for addressing applied 
questions in which a between-participant change in stress is of interest. 
Comparison of beam theory models with alternatives is discussed in Chapter 7. 
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5. Development of a Three Dimensional Finite Element Model of 
Metatarsal Stresses during Running 
Evaluation of the beam theory model presented in Chapter 4 resulted in the 
suggestion that a model of metatarsal stresses which incorporates full and 
deformable geometry would provide valuable information. Furthermore, it was 
suggested that estimates of the attenuation of forces under the metatarsal head 
due to the plantar soft tissues warranted inclusion. Therefore the aim of this study 
was to develop and evaluate a participant-specific finite element model to 
investigate the magnitudes of forces and stresses acting on the second 
metatarsal during running. Design of the model was based on the evaluation of 
the model developed in Chapter 4, aiming to address some of the limitations of 
the model presented there. Increasing the complexity of the model would 
inevitably lead to increased computation times. The model developed would 
remain viable for investigating larger groups of participants by finding the 
optimum complexity that would provide valuable estimates of metatarsal stresses 
without requiring the lengthy computation times of models of the entire foot. Due 
to the longer run times of finite element models compared with the 2D beam 
theory approach, it was not feasible to simulate every point of stance. Therefore 
several time points corresponding to important points of stance were simulated. 
It was hypothesised that the maximum metatarsal stress estimated by the 3D 
finite element model would more closely represent previously measured in-vivo 
values than the 2D beam theory model from Chapter 4. 
5.1 Model Design 
The development of the model began with the mathematical description of 
internal forces described in section 4.1. The evaluation of the 2D beam theory 
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model presented in section 4.4 demonstrated that participant-specific geometry 
was valuable when calculating stresses experienced by the second metatarsal. 
In a similar approach to the study of Garcia-Aznar et al. (2009), the metatarsal 
bone was modelled with two layers of bone (cortical and trabecular) that were 
segmented using MRI. The forces from  joint contact with the phalange were 
applied to the metatarsal directly, similar to (Firminger et al., 2017), whilst the 
ground reaction force under the metatarsal head were applied via a simulated 
floor surface and a representation of the plantar soft tissue, similar to (Akrami et 
al., 2017). This novel approach of modelling the second metatarsal bone with its 
surrounding soft tissue combined some of the advantages of existing models 
without the computational expense of a full foot model. 
Assumptions of the model were: 
1. Forces due to accelerations of the components are negligible (Stokes et 
al., 1979) 
2. Only flexor muscles act to deform the metatarsal during ground contact.  
3. The second ray of the foot is independent of other metatarsals and toes 
(Stokes et al., 1979) 
4. Forces and kinematics in the mediolateral direction are negligible 
Developing a participant-specific finite element model that can be used to 
compare between groups of participants requires that the construction of the 
model is consistent across all participants. Therefore a systematic set of steps 
was developed, ensuring the reconstruction of tissues and their subsequent 
assembly into a model was reproducible for each participant. These steps are 
covered in detail in the following sub chapters. 
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5.2 Methods 
The development of a finite element model from data capture through to 
calculation follows a well-defined set of steps set out in Morales-Orcajo et al. 
(2015b) and also in (Akrami et al., 2018). These steps are: 
1. Data Collection – the scanning of relevant body parts by appropriate 
methods, as covered in section 3.4. 
2. Reconstruction – the generation of computerised representations of body 
parts from the scanned data files.  
3. Processing – the smoothing and refining of created geometries and the 
creation of any additional model parts, such as representations of the floor. 
The assembly of these parts into a 3D representation of the system. 
4. Calculation – The meshing of modelled parts using appropriate element 
shapes, the application of boundary conditions and loads based on 
measured external loading. 
5. Validation – The evaluation of the model by comparison to experimental 
outcomes. 
Steps two, three and four are covered in detail below. 
5.2.1 Segmentation of Geometries in Simpleware ScanIP 
Segmentation of MR images to create 3D representations of bone and soft tissue 
was completed in Simpleware ScanIP (Synopsys, CA, USA). 3D geometries of 
body tissues were reconstructed by segmenting a slice based on the intensity of 
each pixel. This created a mask representing a 2D slice of the tissue of interest, 
and was repeated for all slices containing the tissue of interest. ScanIP software 
has a number of tools and automated procedures that reduce the time required 
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to segment tissues and increase the accuracy and repeatability of the created 
masks.  
After initial import of raw MR slices in all three planes, the images were smoothed 
using a recursive Gaussian filter (Figure 33), with a sigma value of 1 pixel. This 
smoothing procedure homogenises some of the tissue types, such as trabecular 
bone and makes them more likely to contain a narrower range of pixel intensities, 
which improves automated thresholding results. 
 
Figure 33: A sagittal plane MRI slice before smoothing (left) and after (right). 
The first section segmented was the trabecular bone due to its high visibility and 
clearly defined boundaries. Initial segmentation was completed in the frontal 
plane (Figure 34), and the “paint with threshold” tool was used. This allowed the 
investigator to “paint” a mask over the entire image, but only assigned a mask to 
those pixels that were within a defined range of intensities. The threshold was set 
manually based on the view of the entire sagittal plane view of the mid bone. 
Adjustments were made based on the threshold preview to cover as much 
trabecular bone as possible without infringing on other tissue types (Figure 34). 
124 
 
 
Figure 34: Coronal MRI slice showing 1st, 2nd and 3rd metatarsal cross sections (left). The same slice is 
shown on the right with thresholding highlighted. The thresholds are selected to cover the maximum area 
of trabecular bone in the second metatarsal (blue arrows), without infringing on other tissues. 
In the frontal plane the slice at mid-shaft was initially painted as this region is a 
relatively consistent shape between slices. After painting this slice, the propagate 
slice function constructed the trabecular diaphysis by painting every other slice 
based on the intensities of the initially painted slice. Each new automated mask 
shape was checked manually before being propagated to the next slice. At the 
epiphysis, where bone shape changes rapidly between slices, threshold painting 
was done manually. In this manner a series of slices were built up representing 
the outline of the trabecular bone (Figures 35 and 36).  
 
Figure 35: A midshaft slice showing threshold painted mask covering the trabecular bone.  
Once the whole bone had been ‘painted’, the thresholding was checked in the 
sagittal and transverse planes, to ensure a visibly good match to bone geometry 
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according to the judgement of the investigator. Once this was satisfactory, the 
slices were interpolated to create a solid shape (Figure 36). 
 
Figure 36: A series of slices are created making up the trabecular bone (left), these are then interpolated 
to form a solid shape (right). 
The shape created via this process is an imperfect representation of the bone 
geometry, as it is highly faceted, and may contain either cavities inside the 
geometry or islands of mask unattached to the main shape. These required 
correction before the geometric mask could be used for other purposes. In order 
to correct this, firstly a morphological close function was performed on the mask. 
This is equivalent to dilating the entire 3D region by a set number of pixels and 
then eroding by that number of pixels. The erode function only applies to edges 
and the dilate function reduces the number of edges, as small features merge 
together. This had the effect of removing small holes and edge features whilst 
preserving the overall shape of the mask. This was refined if necessary. A cavity 
fill was then used to fill any cavity that was completely enclosed by the mask. 
Lastly, island removal removed any volume of mask lower than a set threshold. 
The threshold was set based on the size of pixels in the largest island. Several 
islands can be seen at the proximal end of the mask in Figure 36. There is no risk 
of the island removal mask changing the shape of the main mask, therefore it 
was run repeatedly until all islands were confirmed by the investigator to have 
been removed. 
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The final shape was smoothed using a combination of dilate, recursive Gaussian 
and erode functions. First the mask was dilated by one pixel. It was then 
smoothed with the recursive Gaussian with a sigma value of 1.5 pixels then the 
smoothed shape was eroded by one pixel (Figure 37). This was compared to both 
the unsmoothed shape and the background image in both 3D and 2D views to 
ensure a good fit according to the judgement of the investigator. 
 
Figure 37: Trabecular mask prior to smoothing, island removal and cavity filling (left) and after (right). 
Once the trabecular bone was segmented, the cortical bone was added. The 
trabecular bone was duplicated and dilated by one pixel to become the basis for 
the cortical bone. As cortical bone is distinguished by having a very low intensity, 
the background view was manipulated to display this more clearly. “Paint with 
threshold” was again used and adjusted manually to best represent the cortical 
bone. Painting was completed in the sagittal plane, using the duplicated 
trabecular bone as a guide, and no slices were skipped. All cortical bone 
segmentation was completed manually. Once masking was complete, the steps 
outlined above were used to check, improve and smooth the shape (Figure 
38)and this was checked in the 3D view against the trabecular bone mask to 
ensure that the cortical mask had not been excessively eroded and that the 
trabecular bone mask was completely contained within the cortical bone mask. 
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Figure 38: Finalised cortical bone mask (left) and cutaway showing inner trabecular bone (right). 
Finally the encapsulating soft tissue was segmented using the intensity of the MR 
image. Initially, the entire foot section was segmented using a global threshold, 
which applies a mask to any pixel above a certain intensity range on every slice 
(Figure 39). This was then smoothed, cavity-filled and islands removed. The fish 
oil capsules were manually removed from the mask. 
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Figure 39: The 3D mask created by thresholding the entire foot, prior to smoothing and filtering operations. 
Clearly seen are the fish oil capsules which are placed in similar locations to the motion capture markers 
In order to isolate the soft tissue surrounding the second metatarsal, the mask 
was reduced in size such that it only included tissue immediately surrounding the 
bone and tissues present during floor contact under the metatarsal. This was 
achieved in a systematic manner, by creating a temporary co-ordinate system 
with one axis aligned along the longitudinal axis of the bone. This created a new 
set of slices aligned with this co-ordinate system. Following this the mask was 
removed from all tissue that was two slices either side of the bone in the sagittal 
plane. The split region tool isolated this region to leave a 3D volume containing 
only the tissues surrounding the second metatarsal (Figure 40). 
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Figure 40: 3D mask representing the whole foot after sectioning to identify the tissues surrounding the 
second metatarsal (green mask), the indentations left by the fish oil capsules can be seen on the second 
metatarsal and the head of the fifth metatarsal in this figure. 
As in the model presented in Chapter 4, and previously in the literature (Firminger 
et al., 2017, Gross and Bunch, 1989, Stokes et al., 1979) the metatarsal was to 
be modelled as a cantilever, fixed proximally. Therefore it was required that the 
proximal end of the bone was exposed from the soft tissues in order to have 
boundary conditions applied to it. For this purpose, a section of approximately 14 
– 17 slices of soft tissue mask was removed at the proximal end of the metatarsal 
bone. A temporary co-ordinate system was again used with one axis aligned 
along the longitudinal axis of the bone, allowing slices to be removed that were 
perpendicular to this axis. The number of slices removed was adjusted as 
necessary to ensure that the whole epiphysis was exposed and that a minimal 
amount of diaphysis was exposed. Further smoothing was conducted after the 
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sectioning of these areas to remove any artefacts left by the sectioning process 
(Figure 41). 
 
Figure 41: The 3D masks for both the cortical bone and the surrounding soft tissues, showing the extent to 
which the proximal end of the bone was exposed 
Individual masks were imported from ScanIP software as STL surface model files 
using the global MR coordinate system and millimetres as the scale length. The 
final model was assembled and calculations carried out using Abaqus software 
(Simulia, Providence, U.S.A). STL files were converted to STP files, which can 
be read by the Abaqus software package using CATIA (Dassault Systèmes, USA) 
which was used to assign boundary surfaces and develop the solid structures of 
the bone and soft tissue masks.  
5.2.2 Importing of Parts to Abaqus 
In Abaqus, individual parts were created and assigned individual attributes, such 
as material properties, or meshes. These were then assembled and interactions 
between parts, loading conditions and boundary conditions were assigned. 
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Finally the methods of iterating the model towards a convergent solution were 
defined and the model was simulated. In this section the various steps of model 
construction in the Abaqus software suite are discussed. 
Initially cortical bone, trabecular bone and soft tissue parts were imported 
separately and meshed with a coarse mesh to ensure there were no meshing 
errors due to geometry, where a coarser mesh requires less computation time. If 
any errors were observed, either in the geometry import or in the meshing 
process, the part was returned to ScanIP for additional smoothing procedures. 
The process of smoothing and reimporting to Abaqus is iterative, and often 
needed several cycles per part before meshing could proceed. 
The volume representing both the whole foot and the smaller volume of soft tissue 
were imported to Abaqus. The whole foot was used to generate reference axes 
for the assembly. Two axes were created. The first recreated the line between 
the proximal and distal second metatarsal markers positioned during 
experimental data collection. Two points were identified on the soft tissue which 
approximated the centre of the indentations left by the fish oil capsules (Figure 
40) which were positioned using the same method of palpation as the 3D motion 
capture markers. The second axis was created in a similar manner representing 
the line between markers placed at the distal first and distal fifth metatarsals 
(Figure 42). 
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Figure 42: Left – Sagittal plane image of the metatarsal and soft tissue, showing the axis aligned along the 
metatarsal. Right – Frontal plane image of the metatarsal and soft tissue showing the axis aligned between 
the fifth and first metatarsal heads. Note the axis has been colour enhanced for clarity in this figure. 
Lastly a surface representative of the floor was created using the built in CAD 
features of the Abaqus software. A volume of 200 mm by 100 mm by 10 mm was 
extruded for this. 
Once the trabecular bone, cortical bone and soft tissues had been imported and 
meshed with no errors, material properties were assigned to each part (Table 5). 
The properties of the bony tissues were selected based on Garcia-Aznar et al. 
(2009), who found these properties to perform better than homogeneous bony 
tissue in a study of stress in the metatarsals. Encapsulating soft tissue properties 
were based on Akrami et al. (2017). 
Table 5: Model parts and their material properties. 
Part Material Type 
Element 
Type 
Young's 
Modulus (Mpa) 
Poisson's 
ratio 
Cortical Bone Solid, linear elastic Tetrahedral 17,000 0.3 
Trabecular Bone Solid, linear elastic Tetrahedral 700 0.3 
Encapsulating Soft Tissues Solid, linear elastic Tetrahedral 1.15 0.49 
Simulated Floor Solid, linear elastic Hexahedral 50000 0.1 
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5.2.3 Assembly 
Parts were combined in the assembly module. The co-ordinate systems of each 
part were equivalent to the global co-ordinate system of the magnetic resonance 
scans and therefore align in Abaqus with the exact positional information they 
were created with in ScanIP. For example the trabecular bone was correctly 
aligned inside the cortical bone and did not require positional adjustment (Figure 
43). 
 
Figure 43: The cortical bone (pale green) showing perfect of alignment of trabecular bone inside it (blue) 
The interaction between parts required consideration. It was necessary to remove 
the soft tissue from where the cortical bone would sit, and this was achieved using 
a Boolean operation in the assembly module. The trabecular bone was modelled 
as an embedded region within the cortical bone mask. The defaults for tolerances 
between the two parts were used, similar to the work of Li et al. (2017). No 
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movement was allowed at the interface between the cortical bone and soft tissue, 
and default values for tolerance were again used.  
After checking for convergence and errors, a test boundary condition was applied 
by constraining a single face of the proximal bone using an encastre condition. 
This allowed no translation or rotations to occur during the analysis of the 
application of a test load condition of 100 N. This was applied to a single face on 
the underside of the soft tissue part. In order to minimise computation time for the 
test analysis, each part was meshed using a coarse mesh with an average 
element size of 5 mm.  
The floor part was added to the assembly and moved to coincide with a node on 
the lower surface of the soft tissue. Each simulation of the model calculated 
stresses at a single time point of stance, reflecting different orientations of the 
metatarsal relative to the ground. In order to represent this the floor was placed 
in the appropriate orientation for each time point. First, a parallel edge constraint 
aligned the long edge of the floor with the metatarsal reference axis (Figure 44), 
and the shorter edge of the floor to be parallel with the mediolateral reference 
axis.  
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Figure 44: The simulated floor (blue) is moved parallel to the reference axes (yellow dashed line) 
The floor was then rotated by the angle between the ground and the metatarsal, 
in both the sagittal and frontal planes, according to the kinematic data (section 
3.2) (Figure 45). A greater sagittal plane angle represents a proximal metatarsal 
that was higher vertically than the distal metatarsal, and a greater frontal plane 
angle represents a forefoot in which the fifth metatarsal was higher vertically than 
the first metatarsal. 
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Figure 45: The floor is rotated into the correct inclination with reference to the metatarsal and soft tissues 
 A contact interaction was set between the floor surface and the underside of the 
soft tissue part using the surface to surface interaction tool. (Figure 46). Two 
interaction properties represented the contact in both the normal and tangential 
directions. In the normal direction “hard contact” was selected, such that the 
surfaces may not pass through each other. In the tangential direction, a friction 
penalty was applied using a coefficient of 0.6, based on previous models using 
experimentally captured data of the friction between the sole of a human foot and 
the ground (Akrami et al., 2017). 
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Figure 46: Left – The soft tissue and floor showing the master contact surface (red shaded area) and slave 
contact surface (purple shaded area). Right – The underside of the soft tissue showing the extend of the 
slave surface (purple shaded area) 
It is a requirement for valid simulation that the floor and soft tissues begin the 
simulation in contact with each other, but without parts overlapping. The floor 
surface was translated into perfect contact with the underside of the foot using a 
vector generated by a custom Matlab script. The current co-ordinates of both the 
floor and soft tissue were imported into Matlab where the upper surface of the 
floor was redefined as a plane using two vectors. Each node of the soft tissue 
was then projected perpendicularly onto this plane and the length of each vector 
between the soft tissue nodes and the floor surface was calculated. The node 
with the minimum distance between soft tissue and floor surface was returned 
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and the floor was translated in Abaqus by this distance perpendicular to the 
surface of the floor (Figure 47). 
 
Figure 47: Fully assembled model in contact with the simulated floor surface 
5.2.4 Loads and Boundary Conditions 
Once assembled the model was loaded using an appropriate approximation of 
the forces experienced during running or walking. The proximal end of the bone 
was fixed in place using an encastre condition, whereby the nodes of the mesh 
were unable to translate or rotate. The remainder of the model was allowed to 
move freely as determined by the force applied.  
The experimentally-determined vertical and anterior-posterior ground reaction 
forces were applied to the model via the simulated floor surface which allowed 
the floor to move only in the vertical and anterior-posterior directions respectively. 
In addition, joint contact forces as calculated in Chapter 4 were applied to the 
model. These were applied as a force vector to the most anterior 2% of nodes on 
the bone. This percentage was selected in order to systematically approximate 
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the contact area between phalange and metatarsal head and was visually similar 
in proportion and position to the area seen by Flavin et al. (2008) in a simulation 
of the contact between the first metatarsal and phalange (Figure 48).  
 
Figure 48: Left – Whole metatarsal view showing the area selected to receive joint contact forces. Right – 
Sagittal view showing anterior 2% of nodes selected 
5.2.5 Mesh Generation and Sensitivity Analysis 
Mesh properties have a direct impact on both computation time and result 
accuracy (Akrami, 2016). Therefore the mesh generated in this study has been 
assessed for its quality, and the sensitivity to the size of the average element 
have been computed. 
For the purposes of mesh refinement and sensitivity analysis a point of stance 
representing the time of greatest vertical ground reaction force was investigated 
in one participant and then evaluated in a second participant to ensure that the 
mesh properties determined by the refinement process were not unique to one 
individual participant. The characteristics of the two participants were:  
1. female; age: 49 years; mass: 55.8 kg; height: 1.62 m; RF  
2. male; age: 19 years; mass: 91 kg; height: 1.85 m; NRF  
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The average element sizing for each part as determined by the refinement 
process was used in all other participant models, thus whilst each participant may 
have differing numbers of elements in each modelled part due to individual 
geometry and foot size, the sizes of elements making up the mesh were 
consistent across participants. 
Two types of element were used in this study. For the complex tissue geometries 
of the cortical bone, trabecular bone and soft tissues a quadratic tetrahedral 
element was used (C3D10). This element type has 10 nodes per element which 
gives better accuracy compared to a linear element with 4 nodes (Gíslason and 
Nash, 2012) and is very versatile, enabling it to represent these complex 
geometries. For the floor surface a simpler element type was used (C3D8R): a 
linear hexahedral element with 8 nodes, which is suitable for representing regular 
geometric shapes. Meshing was conducted using a free meshing algorithm, 
which is fully automated. The initial global element size for each part was selected 
to be 5 mm.  
When a mesh is generated, there are several important properties that affect its 
ability to produce accurate results in a model: skewness, aspect ratio, 
smoothness and number of elements. In general a mesh made of a greater 
number of smaller elements will produce more realistic results, however the 
greater the number of elements the greater the computation time required to 
arrive at a solution. Therefore a sensitivity analysis was conducted to determine 
the optimum mesh element numbers for each part separately. All computations 
listed here were performed on a machine running the Windows 7 operating 
system (CPU: Core i5 3470 @ 3.20 GHz, Ram: 8 GB). 
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Initially all element sizes were large and were then adjusted to produce denser 
meshes (smaller elements). Each iteration used a mesh density that was 
approximately double the number of elements of the previous iteration, resulting 
in reduced average element seed size. The meshes were subject to identical 
loading conditions and the result of the highest von Mises stress in the cortical 
bone was used to determine the optimum mesh size for that part. Meshes of other 
parts were held constant at the initial value whilst the analysis was conducted. 
Finally, to check for a possible interaction effect between parts, a model was 
constructed with the optimum mesh sizes in all parts and this was compared to a 
model with double the element numbers in all parts.  
5.2.5a Floor Surface 
The floor surface element size varied between 50 and 3750 elements. Initial 
element size was set at 20 mm, producing 50 elements. This produced a 
maximum stress of 33.3 MPa on the bone and a maximum contact pressure of 
0.2 MPa on the surface of the floor. The pressure changed by 13.3% when 
increasing the elements in the floor from 50 to 91; 16.2% from 91 to 200 elements; 
21.7% from 200 to 406 elements and 4.0% from 406 to 900 elements (Figure 49). 
Run time increased by seven minutes from simplest to densest mesh. The small 
change in the contact pressure between 406 and 900 elements indicates that the 
mesh should not be sensitive to further increases. Maximum stress on the bone 
increased from 33.3 MPa to 35.4 MPa (+6.0%) from simplest to densest floor 
mesh. Therefore an element size of 6.66 mm corresponding to 900 elements was 
selected because despite the relatively fine mesh, the computation time was fast 
due to the regular geometric shape of the element.  
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Figure 49: Maximum surface pressure of the floor vs element number 
5.2.5b Bone 
The mesh of the bone was then subjected to a similar procedure. The initial mesh 
used an average element size of 10 mm and 5281 elements, as this was the 
coarsest mesh that could be created. Initial results showed a bone stress of 34.9 
MPa. Increasing the element numbers to 10303 gave a stress of 36.7 MPa 
(+5.1%) and doubled the computation time. A second doubling to 20496 elements 
gave a maximum stress of 36.4 MPa, a change of only -0.8% but increased the 
computation time to approximately 27 hours. Therefore 10303 elements was 
deemed optimal, resulting in an element size of 2.35 mm. The model was highly 
stable to changes in trabecular bone mesh density. Variation between 8430 
elements and 36761 elements yielded only a 0.02 MPa difference in maximum 
stress on the cortical bone with corresponding computation times of 8430 
elements: 29 min; 16726 elements: 37 min; 36761 elements: 45 mins. Based on 
this 8430 elements were used. Examples of the influence of cortical bone mesh 
on run time and maximum stress is presented in Figure 50. 
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5281 Elements; runtime 35 min; max von Mises stress 34.9 MPa 
 
10303 Elements; runtime 57 min; max von Mises stress 36.4 MPa 
 
20496 Elements; runtime 27 hours; max von Mises stress 36.37 MPa 
Figure 50: A series of images, showing a series of meshes from coarse (top) to fine (bottom). The middle 
image is representative of the average element size used in the final model 
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5.2.5c Soft Tissues 
The encapsulating soft tissues were given an initial average element size of 20 
mm, corresponding to 8279 elements. Maximum stress on the bone was 34.9 
MPa and the maximum stress within the soft tissue was 0.6 MPa. Upon 
increasing the number of elements, the stress within the soft tissue oscillated as 
seen in Figure 51. However, maximum bone stress only increased by 0.7% 
across the first two conditions, then decreased by 0.1% over the subsequent 
conditions. Each condition increased computation time by approximately 20 
minutes, until the last condition where computation time substantially increased 
to approximately 25 hours. As the model was not designed to examine the soft 
tissue stress and the bone stress appears to be extremely stable to soft tissue 
element numbers, a global element size of 5.8 mm, corresponding to 16713 
elements was chosen.   
 
Figure 51: Maximum stress in the encapsulating soft tissue vs element number 
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Finally a model was constructed with the chosen mesh element numbers  (cortical 
bone – 10303; trabecular bone 8430; soft tissues – 16713; floor surface – 900) 
and the simulation was run, resulting in a maximum stress on the bone of 36.4 
MPa and taking 76 minutes. Element numbers in all meshes were doubled and 
the simulation was run again, this time producing a maximum bone stress of 35.7 
MPa (-1.7%) but run time was increased to 36 hours. This gives assurance that 
the model results are stable with respect to increasing element numbers and that 
further increases in element number will cost large amounts of computing time, 
but will not change the magnitude of bone stress considerably.  
For the second participant, exact element numbers could not be replicated due 
to differences in geometry. Therefore the refinement study was conducted 
independently of the first participant’s data, again starting with a coarse mesh 
and approximately doubling the element numbers for each condition, but with the 
inclusion of the exact optimum global element sizes included from the initial 
participant’s refinement study for comparison. In all parts the optimal mesh 
numbers corresponded closely to the mesh numbers deemed optimal in the first 
participant. This gives confidence that the selected global element sizes seen in 
Table 6 can be utilised for all participants. 
Table 6: Optimal global element sizes for each part 
Part Global Element Size (mm) 
Cortical Bone 2.35 
Trabecular Bone 5.00 
Encapsulating Soft Tissues 5.75 
Floor 6.66  
 
5.2.5d Analysis of Mesh Quality 
In addition to the number of elements, mesh quality can be evaluated by 
assessing the shape of the elements used to make up the mesh, for example 
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how close to regular they are. A higher quality of mesh is less likely to encounter 
errors upon simulation and will lead to more realistic results. Once mesh element 
size was determined, each participant’s model was meshed and analysed to 
evaluate the mesh shape. The parameters used and results are discussed below. 
Skewness determines how closely the faces of the element shapes are to being 
ideal. In this case ideal is represented by either equilateral or equiangular faces. 
Skewness is important as the algorithm for calculating the forces in a mesh will 
assume that the faces are close to ideal. Skewness can be calculated using either 
the volume of a cell made up of elements (for example the tetrahedrons making 
up the cortical bone) or the angles at which its elements meet. In Abaqus, the 
shape factor is a function that indicates the skewness of a set of elements. It is 
calculated using Equation 13, where the optimal volume is the volume of a shape 
made of regular polygons (i.e. a tetrahedron made of equilateral triangles), with 
the circumradius equal to the length of the elements making up the volume. In 
this equation a value of one would indicate an optimal shape and zero indicates 
a completely degenerate shape where the faces are essentially collinear. Table 
7 shows the acceptability of mesh elements based on their skewness (Bakkar, 
2012). 
Table 7: Skewness values vs the quality of cell 
Value of 
Skewness 
Cell 
Quality 
0 degenerate 
< 0.02 bad (sliver) 
0.02 - 0.25 poor 
0.25 - 0.5 fair 
0.5 - 0.75 good 
0.75 - 1 excellent 
1 equilateral 
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𝑆ℎ𝑎𝑝𝑒 𝐹𝑎𝑐𝑡𝑜𝑟 =
𝐸𝑙𝑒𝑚𝑒𝑛𝑡 𝑉𝑜𝑙𝑢𝑚𝑒
𝑂𝑝𝑡𝑖𝑚𝑎𝑙 𝐸𝑙𝑒𝑚𝑒𝑛𝑡 𝑉𝑜𝑙𝑢𝑚𝑒
 
Equation 13: Shape factor as defined by the Abaqus software suite. 
It is not possible to make a complex geometry from elements with a shape factor 
of one only, instead it is expected that the geometry will contain a mix of shape 
factor elements. Therefore the average element shape factor was used here to 
represent the shape factor of the whole mesh. The average shape factor across 
all participants for each model part can be found in Table 8 as well as the highest 
and lowest result. The shape factor cannot be calculated for hexahedral 
elements, and therefore the floor is not represented here. Based on Table 7, the 
average cells in the meshes seen here are of good quality. 
Table 8: Average and ranges of shape factors by part 
 Average Shape Factor Shape Factor Range 
Cortical Bone 0.62 0.57 – 0.64 
Trabecular Bone 0.56 0.51 – 0.61 
Encapsulating Soft 
Tissue 
0.56 0.53 – 0.60 
Floor N/A N/A 
 
The aspect ratio of a cell is the ratio between the longest and shortest element. 
Ideally it should be close to one, however, as with the shape factor, an average 
aspect ratio of one is impossible to achieve in practice. The Abaqus manual 
(Dassault Systèmes Simulia Corp., 2013) suggests that an aspect ratio of less 
than 10 is acceptable. The aspect ratios of the parts of the model are presented 
in Table 9 showing all average aspect ratios are small.  
 
 
 
148 
 
Table 9: Average and ranges of aspect ratios by part 
 Average Aspect Ratio Aspect Ratio Range 
Cortical Bone 1.75 1.70 – 1.87 
Trabecular Bone 1.95 1.80 – 2.09 
Encapsulating Soft 
Tissue 
1.92 1.81 – 2.01 
Floor 1.33 N/A 
 
5.3 Model Evaluation 
For the purposes of evaluating the model’s performance, simulation was 
conducted at three time points during the stance phase of running for one 
participant: time of maximum vertical ground reaction force; time of maximum 
braking force (maximum posterior force); and time of maximum propulsion 
(maximum anterior force). This was repeated for the same participant during 
walking.  
Similarly to the 2D model discussed in Chapter 4 this model was tested to 
examine its sensitivity to input variables using the same single participant. The 
six input variables (vertical and horizontal ground reaction forces, calculated 
vertical and horizontal joint contact forces, and sagittal and frontal plane angles) 
were adjusted independently and their effect on maximum von Mises bone stress 
was observed. These simulations were conducted at the time of maximum 
propulsion during running as at this time point the vertical ground reaction forces 
and joint contact forces were most similar in magnitude. Therefore when 
manipulating the input forces systematically by a percentage of the original input 
force, the absolute change in ground reaction force and joint contact force 
magnitudes were similar.  
In order to examine the effect of the inclusion of the soft tissue on maximum bone 
stress, the model was simulated both with and without its inclusion, and maximum 
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von Mises stresses were compared. When the soft tissue was removed the floor 
surface was placed in direct contact with the head of the metatarsal. Simulation 
of this condition resulted in a high localised stress at the point where the bone 
contacts the floor surface in addition to the stress distribution across the shaft of 
the bone. The results presented consider only the stresses on the shaft of the 
metatarsal. To examine the effect of joint contact forces, the model was also 
simulated with and without these included, and maximum von Mises stresses 
were compared. These simulations were conducted on a single participant’s data 
at all three time points during running and walking.  
For comparison with the 2D model presented in Chapter 4, additional analyses 
were performed at 10% intervals between 10% and 80% of running stance for 
this participant and one additional non-rearfoot striker. At times greater than 80% 
of stance the sagittal plane angle of the metatarsal approached 90° which, 
coupled with the very low force values at these times, would lead to less valid 
results. 
5.4 Results 
5.4.1 Sensitivity Analysis 
The sensitivity of the model to changes in the six input variables can be found in 
Figures 52 and 53. The results of the sensitivity analysis suggest a linear 
relationship between input forces or pitch angle and maximum bone stresses in 
the model, with the model being most sensitive to pitch angle (Figure 53) and 
vertical joint contact forces (Figure 52B). A change of one degree in the pitch of 
the metatarsal corresponds to approximately one MPa change in maximum bone 
stress, with a steeper angle producing less stress. A change of one Newton in 
vertical joint contact force represents approximately a 0.2 MPa change in bone 
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stress. The model is less sensitive to ground reaction forces, with one Newton 
changes in the vertical and horizontal forces representing 0.04 MPa and 0.03 
MPa changes in the bone stress respectively. 
 
Figure 52: Model sensitivity to changes in input ground reaction forces (A) and joint contact forces (B). 
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Figure 53: Model sensitivity to changes in input angle. 
5.4.2 Comparison without Joint Contact Forces or Soft Tissues 
The influence of soft tissue and joint contact forces on maximum bone stress is 
shown in Figure 54. Removing the soft tissues increased maximum stress in the 
shaft of the metatarsal greatly, particularly at the time of maximum propulsion. 
Exclusion of the joint contact forces reduced the maximum stress, particularly at 
the time of maximum propulsion.  
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Figure 54: Model sensitivity to the inclusion of the joint contact forces (JRF) and the soft tissue throughout 
stance. 
5.4.3 Evaluation of Maximum Bone Stress during Walking and Running  
The maximum von Mises stress on the bone during the three points of stance for 
walking and running in the single rearfoot participant are displayed in Table 10. 
The dorsal metatarsal was under compression whereas the plantar surface was 
under tension throughout stance. The point of stance corresponding to the 
maximum vertical ground reaction force had the highest bone stresses in both 
walking and running, with maximum braking representing the lowest stress on the 
bone of the three stance points investigated. Angles were similar during walking 
and running, whilst forces were larger during running than walking, as expected. 
In this participant the maximum stress was on the dorsal surface at the distal end 
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of the shaft at time of maximum propulsive force whereas it was located at the 
plantar midshaft at the time of both the maximum braking force and maximum 
vertical force. Figure 55 shows the loading on the bone as a stress heat map for 
running data for a single participant, with the points of maximum stress indicated. 
 
Figure 55: Results from three points of running stance for a single participant, left to right: maximum 
braking, maximum vertical GRF, maximum propulsive force. Red dots represent location of maximum 
stress at each time point. 
Table 10: A comparison of walking and running data for one participant 
Stance Phase Gait 
Vertical 
GRF (N) 
Horizontal 
GRF (N) 
Vertical 
JRF (N) 
Horizontal 
JRF (N) 
Pitch Angle 
(deg) 
Eversion 
Angle (deg) 
Maximum 
Stress (MPa) 
Max Braking 
Walking 74.15 -3.74 0.04 -0.07 22.01 1.77 4.04 
Running 194.83 -30.91 15.35 25.77 22.67 2.11 15.55 
Max Vertical 
GRF 
Walking 211.26 18.67 15.31 -21.56 26.35 2.03 19.50 
Running 291.35 21.71 91.30 122.41 27.99 2.07 29.46 
Max 
Propulsion 
Walking 179.57 33.01 63.67 60.37 38.38 0.80 13.51 
Running 197.40 51.02 141.52 113.44 43.13 1.29 20.46 
5.4.4 Comparison of Results with a Beam Theory Approach 
The analysis of multiple time points conducted on two participants can be 
compared to the time series of stress data from the same participants using the 
2D model. In this case, the stresses output by each model were normalised by 
dividing by the peak stress of that model. Results of this are seen in figures 56 
and 57. 
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Figure 56: Comparison of stresses output by the beam theory model (line) and finite element model 
(diamonds) for a single RF participant 
 
Figure 57: Comparison of stresses output by the beam theory model (line) and finite element model 
(diamonds) for a single NRF participant 
 
For both participants the times of peak stresses coincide well, and the stresses 
match closely at stance times after the time of peak stress. However, the stresses 
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match less well at earlier times in stance for the non-rearfoot participant, but 
match closely for the rearfoot participant. It should also be noted that the stresses 
from the beam theory model come only from the point of dorsal mid-shaft, 
whereas the maximum stress in the finite element model can be anywhere along 
the shaft of the metatarsal. 
5.5 Discussion 
This study developed a novel, participant-specific finite element model to quantify 
metatarsal stresses during running, and evaluated the influence of model 
parameters and independent input variables on maximum bone stress. The 
model simulation time was approximately 35 minutes, making this approach 
feasible for assessing stresses in the metatarsals with a sample size similar to 
those seen in typical applied biomechanics studies.  
5.5.1 Evaluation during Walking 
During walking, the maximum stress on the bone was 19.50 MPa at the time of 
greatest vertical ground reaction force, which coincides approximately with mid-
stance. This is equivalent to a strain of 1147 µε. Finite element models of the 
entire foot  have reported von Mises stresses in the second metatarsal of ~4.00 
MPa (Chen et al., 2001b), 6.65 MPa (Gu et al., 2010) and 6.80 MPa (Akrami, 
2016) during walking at mid-stance. In-vivo measurements of strain on the 
metatarsals using implanted strain gauges have reported 1534 µε during barefoot 
walking  (Arndt et al., 2002) and an average of 1144 µε during shod walking 
(Milgrom et al., 2002). The current model, whilst simplistic compared to the whole 
foot models listed above, compares better with bone staple strain gauge data. 
However, it should be noted that strain gauges in in-vivo studies may not be 
positioned at the location of maximum stress on the bone. When using complex 
whole foot models such as that of Akrami et al. (2017), the alignment of individual 
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parts of the model is not always changed between points of stance. For example, 
during stance the angle between the phalanges and metatarsals changes, 
however in the model of Akrami et al. (2017) the toes were considered to lie in a 
neutral position throughout stance. This may lead to differences in the distribution 
of forces in the model. By considering just a single bone with joint reaction forces 
applied to it, the interaction between the toe and the phalange is accounted for 
without having to model its change in position during stance. This suggests that 
whilst the additional complexity of a whole foot model may seem to make the 
simulation more realistic, in some case more assumptions are required regarding 
the interactions of different parts, leading to the potential for more error in results. 
5.5.2 Evaluation during Running 
During running, the maximum stress on the bone was 29.46 MPa at the time of 
greatest vertical ground reaction force, equating to a strain value of 1732 µε. 
Other recent finite element models of the second metatarsal during shod running 
have reported strains of 1393 µε (typical running shoe) and 1937 µε (minimally 
cushioned shoe) (Firminger et al., 2017), with which the values in the present 
study compare well. In-vivo strain gauge studies have reported strains of 1468 µε 
during shod jogging and an average of 3603 µε during barefoot jogging (Milgrom 
et al., 2002). These values were an average of two participants’ values which 
differed considerably (5315 µε and 1891 µε), highlighting the need for participant-
specific modelling approaches that permit sufficient sample sizes to be obtained. 
Whilst it is not feasible to directly validate the model, comparisons with previously 
reported values and the differences in magnitude between walking and running 
indicate that this model can be used to address applied questions. Whilst the 
maximum stress during running occurred on the dorsal midshaft of the 
metatarsal, the magnitude of von Mises stress at the corresponding position on 
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the plantar surface was very similar. This suggests that microdamage to the bone 
is likely to occur at both dorsal and plantar surfaces, consistent with studies 
showing a wide range of locations of stress fractures on the second metatarsal 
(Orava, 1980). From a modelling perspective this also gives assurance that the 
metatarsal cross-section may be considered to be symmetrical for the purposes 
of any 2D analyses. 
5.5.3 Sensitivity to Model Inputs 
The high sensitivity of the model to pitch angle suggests that kinematics of the 
foot during running are an important consideration when investigating loading on 
the metatarsal bones and injury risk. With a smaller pitch angle the metatarsal is 
closer to parallel to the ground and therefore the relatively large vertical ground 
reaction force under the metatarsal head can produce a greater amount of 
bending in the metatarsal compared with later stance when the metatarsal is 
more vertical (i.e. increased pitch angle). When conducting input sensitivity 
analyses in the present study, the original vertical ground reaction force and the 
joint contact force inputs were comparable in magnitude during late stance. This 
is not the case during other points of stance, such as early stance, when the joint 
contact force is very low compared to the ground reaction forces under the 
metatarsal head, limiting its ability to influence bone stress. It should also be 
noted that whilst directly increasing the forces under the metatarsal head did not 
provide the greatest increases in bone stresses, the ground reaction forces under 
the toe contribute greatly to the joint contact forces, which the model is sensitive 
to. This supports recent work suggesting that direct external measurements do 
not correlate well to internal forces (Matijevich et al., 2019). The lack of sensitivity 
to the eversion angle is likely influenced by the fact that the angles measured are 
very small. Furthermore, due to the anatomy of the foot, there is little ability for 
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the individual metatarsals to rotate along their longitudinal axes. The frontal plane 
position of the foot may be likely to influence the ratio of loading under the five 
metatarsals rather than change the line of action of the forces in a way that would 
affect the stresses seen on the bone. It should be noted that the sensitivity 
analyses provide a useful understanding of how external factors independently 
influence metatarsal stress, yet the manipulations may not be physiologically 
realistic. Furthermore, it is unlikely that any of the individual input variables would 
change without a concurrent change in the other input variables.  
5.5.4 Sensitivity to the Inclusion of Joint Contact Forces and Soft Tissues 
Excluding the joint contact forces from the simulation provided insight into the 
influence of muscular action and toe forces on metatarsal stresses. At all three 
time points during stance, exclusion of joint contact forces decreased the 
maximum stress on the bone. Its influence was greatest during late stance, likely 
due to the position of the foot at push off when the ground reaction forces are 
lower under the metatarsal head and higher under the toe. From the free body 
diagrams in Chapter 4 it can be seen that higher ground reaction forces under 
the toe lead to increased tension in the tendons and through that higher joint 
contact forces. This allows the forces from the toe to be a major contributor to 
metatarsal stresses when the toe force is high. This also supports previous 
literature showing that the metatarsophalangeal joint moment is largest in late 
stance (Day and Hahn, 2019), suggesting muscular contributions to bone 
stresses may also peak at this time.  
The novel inclusion of soft tissue surrounding the metatarsal in the present study 
was shown to considerably influence maximum bone stress. The maximum 
stresses seen in the metatarsal shaft approximately double when soft tissue is 
not present and forces are transferred directly from floor to bone. The model of 
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Firminger et al. (2017) obtained results that compared well with strain gauge 
studies without the use of soft tissues. However, it should be noted that there 
were a number of other differences between these two models, such as the use 
of computed tomography and apparent density to define bone properties, and the 
methods of application of forces to the bone that may account for this. The mesh 
sensitivity analysis revealed that stresses within the encapsulating soft tissues 
oscillated considerably with different mesh densities, yet bone stresses remained 
extremely stable throughout these manipulations. The variation in the soft tissues 
is likely due to the choice of a linearly elastic soft tissue, which is undergoing large 
strains. This suggests that if the stresses within the soft tissues themselves are 
important outcome variables, a non-linear material should be chosen, such as 
those used by Morales-Orcajo et al. (2018). However, if the soft tissue stresses 
are unimportant, as in the present study where the model is designed to quantify 
bone stress, the large strains are acceptable and the use of a linearly elastic soft 
tissue saves considerable computational time whilst allowing for the distribution 
of ground reaction forces across the bone and also the attenuation of forces 
between the ground interface and the head of the metatarsal. 
5.5.5 Limitations 
All models have limitations, as they are simplified representations of real systems. 
In this case the system modelled consisted of a large number of bones and soft 
tissues, with forces acting under all five rays of the foot. This model consists of 
just one bone, assuming no interactions between neighbouring parts of the foot 
at the distal end and a fixed proximal end. Proximally, the second metatarsal bone 
is attached to the midfoot via three other bones, forming a reasonably stiff joint 
with little room for extension or flexion, and several models have used a fixed 
cantilever to model the metatarsal in the past (Lemmon et al., 1997b, Gross and 
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Bunch, 1989, Stokes et al., 1979, Fung et al., 2017). At the distal end, the 
metatarsal heads are connected via the transverse metatarsal ligaments, limiting 
their independent motion. It is not clear to what extent this would affect the 
sharing of loading from external forces. The deformation of the arch is not 
accounted for here, nor is the possible reduction in bending from its supporting 
tissues, such as the plantar aponeurosis and the long and short plantar ligaments. 
Models that do include representations of these tissues have far lower stresses 
on the second metatarsal (Chen et al., 2001b, Akrami, 2016, Gu et al., 2010), but 
do not represent the high strains reported using in-vivo strain gauges (Arndt et 
al., 2002, Milgrom et al., 2002).The effect of these tissues on the distribution of 
internal loading in the foot is unclear. 
5.6 Conclusions 
In conclusion the model presented here has been evaluated against recent 
studies of metatarsal stresses and in-vivo measurements of stress during both 
walking and running, and been deemed to provide representative values. It 
appears to perform better than more complex whole foot finite element models 
when investigating walking. The model shows sensitivities to the pitch angle of 
the metatarsal and the joint contact forces, but less sensitivity to ground reaction 
forces under the metatarsal head. This suggests that measurement of external 
ground reaction forces does not correlate well to internal loading. The inclusion 
of joint reaction forces and soft tissue effects have been shown to be influential 
on the magnitude of peak stress in this model. 
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6. Using the 3D Finite Element Model to Assess the Stress in 
the Second Metatarsal in Rearfoot and Non-Rearfoot Runners 
Having developed and evaluated a 3D participant-specific finite element model in 
Chapter 5, metatarsal stresses in rearfoot and non-rearfoot runners could now be 
compared. The data set was the same used in Chapter 4. However upon 
assembly, data from one rearfoot participant was found to be unsuitable for use 
in the model, as the kinematic data matched poorly to the MR data, likely due to 
poor placement of fish oil capsules during the MR scan. Therefore the present 
study included 11 rearfoot strikers (6 Female; age 27 ± 11 years; mass 63.6 ± 
10.3 kg; height 1.65 ± 0.07 m) and 8 non-rearfoot strikers (3 Female; age 20 ± 3 
years; mass 72.3 ± 12.3 kg; height 1.73 ± 0.09 m). As with the earlier analysis of 
20 participants, no differences in mass or age between groups were found, and 
in addition there was now no difference in heights.  
It has been determined that the magnitudes of stresses acting on bony tissues 
play an important role in the development of stress fractures, whether directly or 
via the activation of a remodelling process. Furthermore, it is unclear what effect, 
if any, foot strike modality has on metatarsal stresses and their location during 
running. This study aimed to use the evaluated 3D participant-specific finite 
element model from Chapter 5 to explore differences in internal loading between 
those who land on their heel during running and those who do not. 
It was hypothesised that non-rearfoot strikers would experience both greater 
external and internal second metatarsal loading than rearfoot strikers during 
running. 
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6.1 Analysis 
The model was simulated at three points of stance for each participant. The three 
time points of interest during the stance phase were the time of maximum braking 
force (minimum horizontal ground reaction force); time of maximum vertical 
ground reaction force; and time of maximum propulsive force (maximum 
horizontal ground reaction force). An individual model assembly was created for 
each participant at each investigated stance point based on the procedures 
outlined in section 5.2. These were simulated and the peak von Mises stress on 
the cortical bone was obtained for each participant at each of the three stance 
phases. Group mean comparisons were made on the six input variables 
(horizontal and vertical ground reaction forces, horizontal and vertical joint 
contact forces and the pitch and frontal plane angles) and the peak von Mises 
stress at each time point. Variables were examined using a Shapiro-Wilk test to 
confirm normality (P ≥ 0.05). Means were compared using an independent T-Test 
(normally distributed variables) and a Mann-Whitney-U test (non-normally 
distributed variables) with a significance level of P ≤ 0.05. Peak stresses at each 
time point are also presented for the whole group for comparison with literature 
values of stress estimation. Additionally, graphical representations of all 19 
metatarsal bones, loaded at the point of peak ground reaction force are 
presented. A qualitative and descriptive analysis of bone shape and the location 
of peak stresses is given. The position of maximum stress in these figures was 
defined by whether maximum stress occurs on the dorsal or plantar aspect of the 
bone and also by the location along the shaft, where proximal shaft refers 
approximately to the proximal third, mid-shaft refers to the middle third and distal 
shaft refers to the most distal third. Similar graphical representations of each 
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participant at the points of maximum braking and maximum propulsion can be 
found in Appendix 3. 
Based on the findings of Nunns et al. (2017) regarding the importance of 
geometry in determining the stresses experienced by the metatarsal, the volumes 
of the cortical, trabecular and combined bone were correlated with the peak 
stress using a Pearson’s correlation coefficient.  
6.2 Results 
6.2.1 Whole Sample Stress Data 
Mean inputs and stresses for each stance time point during running across the 
entire group can be found in Table 11. Maximum stress occurred at the time of 
maximum vertical ground reaction force, with the lowest stress occurring at the 
time of maximum braking forces. 
Table 11: Mean input and outcome variables for the entire running sample 
Stance Phase 
Vertical GRF 
(N) 
Horizontal 
GRF (N) 
Vertical JRF 
(N) 
Horizontal JRF 
(N) 
Pitch Angle 
(deg) 
Eversion 
Angle (deg) 
Maximum 
Stress (MPa) 
Max Braking 221.54 (60.41) -42.12 (13.16) 28.26 (26.37) -44.98 (44.46) 27.67 (3.80) 2.08 (5.99) 19.81 (9.64) 
Max Vertical GRF 339.86 (65.75) 16.89 (13.37) 105.02 (49.53) -128.69 (62.56) 32.26 (5.10) 2.64 (3.91) 44.99 (13.16) 
Max Propulsion 239.44 (58.33) 64.27 (16.71) 123.71 (52.76) -80.76 (35.66) 49.27 (6.48) 4.20 (3.56) 33.54 (16.67) 
 
6.2.2 Discrete Analysis of Running Data 
There was no difference in maximum stress values at the time of maximum 
braking (Table 12), maximum vertical ground reaction force (Table 13) or 
maximum propulsion (Table 14). Pitch and eversion angles were similar between 
groups at all times. Vertical ground reaction forces were significantly greater in 
the non-rearfoot runners than the rearfoot runners at all stance points. Horizontal 
ground reaction forces were significantly greater in the non-rearfoot group at the 
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points of maximum braking and maximum propulsion, but were similar at the time 
of greatest vertical ground reaction force. Both vertical and horizontal joint contact 
forces were greater in the non-rearfoot group at the time of maximum braking and 
maximum vertical ground reaction forces, but were similar at the point of 
maximum propulsive force. 
Table 12: Comparison of input and outcome variables between foot strike modalities at the point of 
maximum braking 
Variable 
Foot strike Modality P 
value 
d 
RF NRF 
Maximum von Mises Stress (MPa) 17.30 (8.35) 23.25 (10.76) 0.215 0.6 
Vertical GRF (N) 190.17 (51.51) 264.67 (43.85) 0.004* 1.5 
Horizontal GRF (N) -36.43 (12.05) -49.96 (10.78) 0.02* 1.2 
Vertical JRF (N) 14.57 (14.52) 47.07 (28.07) 0.012* 1.5 
Horizontal JRF (N) -22.07 (22.07) -76.48 (49.26) 0.016* 1.5 
Pitch Angle (deg) 27.11 (2.61) 28.45 (5.12) 0.513 0.3 
Eversion Angle (deg) 1.06 (5.51) 3.49 (6.70) 0.778 0.4 
* Significant (P ≤ 0.05) between groups, negative indicates compressive stress 
Table 13: Comparison of input and outcome variables between foot strike modalities at the point of 
maximum vertical ground reaction force 
Variable 
Foot strike Modality P 
value 
d 
RF NRF 
Maximum von Mises Stress (MPa) 39.92 (10.82) 51.97 (13.50) 0.057 1.0 
Vertical GRF (N) 314.84 (62.71) 374.26 (56.26) 0.046* 0.9 
Horizontal GRF (N) 14.67 (8.66) 19.94 (18.29) 0.469 0.3 
Vertical JRF (N) 81.28 (38.22) 137.67 (46.03) 0.014* 1.4 
Horizontal JRF (N) -99.01 (51.09) -169.50 (55.20) 0.013* 1.3 
Pitch Angle (deg) 31.00 (3.20) 34.00 (6.80) 0.276 0.6 
Eversion Angle (deg) 2.13 (3.40) 3.33 (4.67) 0.55 0.3 
* Significant (P ≤ 0.05) between groups, negative indicates compressive stress 
Table 14: Comparison of input and outcome variables between foot strike modalities at the point of 
maximum propulsive force 
Variable 
Foot strike Modality 
P value d 
RF NRF 
Maximum von Mises Stress (MPa) 27.04 (8.20) 42.47 (21.47) 0.051 1.0 
Vertical GRF (N) 212.28 (53.36) 276.78 (43.93) 0.01* 1.3 
Horizontal GRF (N) 55.23 (12.89) 76.71 (13.26) 0.003* 1.6 
Vertical JRF (N) 106.04 (46.96) 148.01 (53.30) 0.097 0.8 
Horizontal JRF (N) -70.46 (33.93) -94.95 (35.05) 0.148 0.7 
Pitch Angle (deg) 47.08 (5.72) 52.28 (6.59) 0.095 0.9 
Eversion Angle (deg) 3.46 (3.09) 5.22 (4.10) 0.325 0.5 
* Significant (P ≤ 0.05) between groups, negative indicates compressive stress 
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6.2.3 Qualitative Analysis of Bone Stresses 
There was a large range of maximum stresses, ranging from 28.12 to 79.02 MPa. 
Group mean peak stresses were 19.81 MPa, 44.99 MPa and 33.54 MPa at the 
times of maximum braking, maximum vertical ground reaction force and 
maximum propulsive force respectively. Maximum stress at the time of maximum 
ground reaction force was located within the diaphysis in all cases (Figure 58). 
This was not the case in later stance, where examples of maximum stresses 
close to the epiphysis were observed (Appendix 3). For each participant, at all 
three simulated time points, the maximum stress magnitude at the dorsal surface 
was similar to the maximum stress magnitudes at the plantar surface.  
In all cases maximum stresses were clearly located within the diaphysis, but in 
some cases at the point of maximum propulsion this stress was located close to 
or at the point where the bone transitions between epiphysis and diaphysis. At all 
stance points maximum stress magnitudes at the dorsal surface were similar to 
the maximum stress magnitude at the plantar surface. 
Importantly, there were differences in both the shapes and proportions of the 
metatarsals in the present study, with some much more slender relative to their 
length than others.  
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Figure 58: von Mises stress distribution across the metatarsal dorsal aspect for all participants’ metatarsals 
at the point of greatest vertical ground reaction forces. Note: the bones are scaled to appear approximately 
the same length in the figure for presentation purposes only. 
Maximum stresses were more likely to be located on the dorsal surface than the 
plantar surface, with 70%, 58% and 94% of participants experiencing peak 
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stresses on the dorsal surface at the points of maximum braking, vertical ground 
reaction force and propulsion respectively. Maximum stresses were also more 
likely to be located at approximately mid-shaft with 64%, 70% and 82% of 
participants experiencing the maximum stress in the mid-shaft at the points of 
maximum braking, vertical ground reaction force and propulsion respectively. 
Only one participant experienced the maximum stress in the distal shaft at the 
point of maximum braking and a single different participant experienced   
maximum stress in the distal shaft at maximum propulsion. No participants 
displayed maximum stresses in the distal shaft at the point of maximum vertical 
ground reaction forces, which was the time of overall maximum stress of the three 
time points analysed in all but one participant. The stress distribution for all the 
participants in this study is visually similar to that seen in Firminger et al. (2017), 
with the stresses concentrated at the mid-shaft in the dorsal and plantar regions 
whereas the region at the medial and lateral aspects of each metatarsal had very 
low stresses.  
Table 15 shows the volume of each participant’s metatarsal bone, with a further 
breakdown by cortical and trabecular bone types. Examination using a Pearson’s 
correlation coefficient reveals that total bone stress was not associated with total 
bone volume nor with trabecular or cortical bone volume (P=0.596 Cortical vs. 
Stress; P=0.308 Trabecular vs. Stress; P=0.699 Whole Bone vs. Stress). 
Table 15: Average bone volumes for each group along with the stress reported at the point of maximum 
ground reaction force 
Group 
Whole Bone 
Volume (mm3) 
Cortical Volume 
(mm3) 
Trabecular Volume 
(mm3) 
Stress at maximum vGRF 
(MPa) 
Total 9225.5 (1892.6) 4691.4 (980.4) 4534.2 (1132.6) 44.99 (13.16) 
RF 8758.8 (1477.5) 4643.6 (1096.0) 4115.17 (618.2) 39.92 (10.82) 
NRF 9867.2 (2297.6) 4756.9 (864.3) 5110.3 (1448.3) 51.97 (13.50) 
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6.3 Discussion 
This study used the evaluated model from Chapter 5 to compare peak second 
metatarsal stresses between rearfoot and non-rearfoot runners at three points of 
stance. It also provided a qualitative analysis of bone geometries and stress 
locations over the combined group of participants. 
6.3.1 Discrete Comparison of Groups 
Firminger et al. (2017) reported median strains of 1393 µε (typical running shoe) 
and 1937 µε (minimally cushioned shoe), lower than the current study. However 
in-vivo strain gauge studies have reported strains ranging between 1891 µε and 
5315 µε (Milgrom et al., 2002). Firminger et al. (2017) also reported the 95th 
percentile strains for their shoe types and found 3110 µε (typical running shoe) 
and 4341 µε (minimally cushioned shoe). The wide range of values reported in 
these earlier studies may reflect the sensitivity of the measurement or true 
physiological variability. The results from the current study are within the range 
of previously reported strain magnitudes. The highest strain during the time of 
maximum ground reaction forces reported by any participant was 4648 µε and 
the lowest strain was 1654 µε.    
Regarding the discrete analysis of stresses between groups, the results here 
support  the results from the beam theory model, finding that whilst input forces, 
in particular the vertical ground reaction forces under the metatarsal head, were 
significantly greater at all investigated time points, the output peak stresses were 
not significantly different. This supports work by Matijevich et al. (2019) who found 
that greater ground reaction force metrics did not correlate to greater tibial forces, 
and suggests that externally measured forces may not be the most valid method 
for inferring internal loading, and therefore injury risk. However at the points of 
maximum vertical ground reaction forces and maximum propulsive forces, the 
169 
 
level of significance for the von Mises stress is very close to 0.05, which, in 
combination with the large effect size of 1.0, suggests a trend of greater stresses 
for NRF runners. As observed using a 2D beam theory approach, the results of 
the present study suggest that foot strike does not influence the magnitude of 
peak metatarsal stress during running, and therefore may not influence the risk 
of stress fracture via this mechanism. However the large effect sizes suggest 
there is a trend for increased stresses in NRF striker runners, but this is 
considerably less marked than the differences in external forces observed 
between groups. 
Bone geometry has previously been noted as an important determinant of bone 
stress  (Nunns et al. (2017) and this may partly explain why difference in external 
forces between groups did not equate to differences in internal forces. The fact 
that no association between total volume of the bone and maximum stress was 
observed in the present study suggests that some aspect of the shape rather than 
size per se may influence stress magnitude. However, there are numerous ways 
to quantify bone geometry and the geometry may influence peak stress differently 
according to the phase of stance. There is evidence that bone geometry may 
adapt over time through habitual loading, for example elite runners show 
thickened cortical bone and reduced trabecular bone compared to recreational 
runners (Hart et al., 2017). However, it is not known what magnitude of force or 
number of cycles induces these levels of adaptation. All of the participants in the 
present study were recreational runners, reporting similar levels of activity, so it 
was assumed that the level of adaptation between participants would be equal 
unless influenced by their habitual foot strike. It is also possible that the geometry 
of the soft tissues may mitigate the forces more in some participants than others 
For example if the distance between the most plantar aspects of the metatarsal 
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head and the sole of the foot is greater (i.e. soft tissue is thicker) it can be 
assumed there would be more cushioning and that forces may be damped more 
than with less soft tissue.  
6.3.2 Qualitative Analysis 
The stress distribution on the metatarsal bones in the present study visually 
match those of recent models such as Firminger et al. (2017). This pattern is 
influenced in part by the nature of modelling the metatarsal as a cantilever with 
no mediolateral or torsional forces. The shape of the metatarsals highlights the 
variability of individual geometry, and is one potential explanation for the lack of 
statistical difference between groups, despite there being no correlation between 
bone volume and stress. For example, some bones are slender and long, whilst 
others are wider and shorter. This difference would result in potentially similar 
volumes, but two very different mechanical responses to the input forces. 
The magnitudes of peak stresses on the plantar and dorsal surfaces for each 
simulation were similar which means that identifying whether the maximum stress 
occurred on the plantar or dorsal surface is of relatively low importance, whereas 
it may be important to identify the proximal-distal location of peak stress. 
However, it should be noted that whilst the magnitudes were similar between the 
dorsal and plantar surfaces, the dorsal surface is under compression whilst the 
plantar surface is under tension. Bone is known to have different mechanical 
responses to compression vs. tension (Martin et al., 2015), being stronger in 
compression. Therefore a magnitude of stress on the dorsal surface may not 
induce either the same level of microdamage, or the same level of remodelling 
response as the same magnitude of stress on the plantar surface, and stress 
fracture may be more likely on the plantar surface. 
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6.3.3 Limitations 
The limitations of this study are similar to the limitations of Chapter 4 and Chapter 
5 and are discussed in greater detail in those sections. From chapter 4, the 
limitation of running barefoot when most populations would run in shoes and the 
limitation of grouping midfoot, forefoot and toe runners together in a single group 
apply here. From chapter 5, the limitation of reducing the foot to a single bone 
modelled as a fixed cantilever and the lack of modelling of a deformable arch and 
other plantar tissues such as the long and short plantar ligaments apply here. 
6.3.3 Conclusions 
In conclusion, the magnitudes of stresses for the whole group of runners fall 
within the ranges of stress reported by both in-vivo and previous finite element 
approaches. Vertical ground reaction force under the metatarsal head was 
significantly greater in the non-rearfoot runners than the rearfoot runners, but 
stress magnitudes did not differ between groups. This suggests that the external 
forces do not represent the internal forces experienced by the metatarsal and 
further suggests that foot strike modality may not influence the risk of stress 
fracture development through increased stress magnitudes. 
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7. General Discussion and Comparison of Modelling Methods 
This section assesses the degree to which the studies described in this thesis 
have achieved the aims set out in section 2.6. There are suggested areas for 
future development of the modelling techniques used and a discussion of 
possible future studies to assess the risk of stress fracture in runners. 
The strengths and weaknesses of the 2D beam theory model and the 3D finite 
element model presented in this thesis are considered, as well as their best use 
in the context of answering specific research questions.  Finally, the question of 
whether running with a rearfoot or non-rearfoot strike influences metatarsal stress 
is addressed.  
7.1 Advantages and Disadvantages of using a 2D Beam Theory or 3D Finite 
Element Model 
Both models presented in this thesis use the same input kinetic and kinematic 
data, treated in an identical fashion. The main differences between model inputs 
are the treatment of geometrical data from the body tissues and the simulation 
types and assumptions. These are listed in Table 16 before a discussion of their 
implications. 
Table 16: Examples of similarities and differences in model properties 
Model Element  Beam Theory Finite Element 
Geometry Used 
Single Cross-
section 
Whole Bone 
Deformable Geometry  x 
Fixed Cantilever x x 
Vertical and Horizontal GRF x x 
Joint Contact Forces x x 
Action of Forces Point Distributed 
Soft Tissue Effects  x 
Analysis of Stance Whole Stance Single Time Points 
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The finite element method has distinct advantages when considering the quality 
and nature of the output data. The model considers all points along the metatarsal 
and stress is computed at every node. This allows the peak stress and its location 
to be easily identifiable and it is therefore relatively easy to perform a qualitative 
assessment of the data. The beam theory method uses only individual slices of 
MR data to determine participant-specific parameters, which whilst less time 
consuming to segment, provides much less detailed information. The results from 
the finite element model show that the peak stress can be located differently for 
any given time point of stance, with only 70% of participants showing a peak 
stress in the mid-shaft at the time of peak vertical force. The 2D beam theory 
model cannot provide this information and only the peak dorsal and plantar 
stresses at the selected cross-section are obtained. Conversely the beam theory 
model can easily compute the stress across the whole of stance, allowing 
analyses such as SPM to be used (Chapter 4). This allows for detailed 
information about differences in stress magnitudes at different stance points with 
more detail than the finite element model. However, in the context of 
understanding injury risk, it is believed that the magnitude of peak stress is 
important, and therefore stresses throughout stance that are submaximal may 
not be highly important.  
The presented models show large differences in the magnitudes of stresses 
calculated, for example the 2D beam theory model calculated a mean peak stress 
of 224 MPa across all participants compared with 44.99 MPa calculated using the 
finite element model. In vitro testing suggests that 224 MPa is above or very close 
to the failure load of bone (Wolfram and Schwiedrzik, 2016), whereas 44.99 MPa 
falls within the range measured using in-vivo strain gauges during barefoot 
jogging (Milgrom et al., 2002). Other 2D beam theory studies do also report high 
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stresses compared with in-vivo measures. For example, 113 MPa  was reported 
by Gross and Bunch (1989) in the second metatarsal and 114 MPa was reported 
by Nunns et al. (2017) in the third metatarsal during running. Whilst the 
differences in magnitudes between the current study and these previous studies 
was discussed in more detail in section 4.4 it should be noted that all reported 
beam theory results are greater than in-vivo measurements, which reported only 
90 MPa in the participant with the greatest measured stress. Based on this it 
seems likely that the simplicity of beam theory models leads them to overestimate 
stresses, whereas finite element models produce more similar magnitudes to 
actual measured results. This overestimation is likely due to a number of factors, 
such as the application of ground reaction forces directly to a single point on the 
bone and the non-deformable geometry. 
Despite the differences in absolute stress magnitudes obtained by the two models 
in this thesis, the relative differences were preserved between methods. Both 
studies found no differences in peak metatarsal stresses at the time of peak input 
forces. The SPM analysis of the 2D time series data did find a difference between 
7 % and 23% of stance, whereas the finite element model required the selection 
of discrete stance time points for analysis. The time of maximum braking was the 
earliest time point selected and this occurred on average at 27% of stance, later 
than where differences were observed using the 2D beam theory approach. 
Whilst it should be noted that the overestimation of the stresses by the beam 
theory model is a limitation to the interpretations of its results, there is currently 
no well-defined figure for a stress magnitude that will induce the formation of a 
stress fracture over a fixed number of cycles. Therefore, either model could be 
used to investigate differences between groupings of participants, but neither can 
discern if the stress estimated might lead to a stress fracture.  
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Figure 59 shows a plot of how each model ranked each participant in terms of 
stress magnitude, with the lowest ranking representing the participant with the 
highest stress. A root mean square calculation was carried out on the differences 
in ranking and found that on average each participant was five out of 19 places 
away from their ranking in one model compared to another. There may be a 
number of reasons for the differences in rankings, for example the finite element 
model can estimate stresses anywhere on the bone and may find a higher stress 
away from the mid-shaft. However these differences do not represent an 
advantage in one model over another, merely represent the difference in 
calculation methods used to estimate the peak stresses. 
 
Figure 59: Figure showing the participants ranked by stress magnitude. Diamonds represent the 2D model 
ranking and are in order. Triangles represent the corresponding ranking for the 3D model. If the two 
models presented relative stress magnitudes that were very similar between models, it would be expected 
that each participant’s diamond and triangle would be close together.  
This section will compare the design of the two modelling approaches presented 
in this thesis. The limitations for each model have been discussed in detail in 
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Chapters 4 and 5. The main differences mathematically between the two 
modelling approaches is the addition of encapsulating soft tissues in the finite 
element model and the different methods of applying the forces to the metatarsal. 
In the beam theory model, forces are applied at a single point, at the centre of 
the head of the metatarsal. This means that the forces from the ground are 
applied directly to the bone and are not distributed at all. In reality, the forces that 
are calculated as input to the model come from plantar pressure data where it is 
distributed over an area of several square centimetres. These forces then have 
to pass through the soft tissues of the foot which act both as a mechanism to 
distribute the force but also to dissipate energy as they act in a viscoelastic 
manner. Whilst the soft tissue modelled in in this thesis did not utilise non-linear 
elastic properties, it allowed for the forces at the floor to be passed to the bone in 
a more realistic manner than a direct application on the bone. Similarly the joint 
contact forces are applied as point loads to the metatarsal in the beam theory 
model, whereas they are distributed over the anterior 2% of nodes in the finite 
element model. This distribution of forces is coupled with the ability for the finite 
element model to deform as forces are applied, which the beam theory model 
cannot reproduce. This effect subtly changes the lines of action of the forces as 
they are being applied, leading to more realistic estimations of stresses compared 
with a rigid rod. 
A consideration of the development time and computational expense is 
warranted. The finite element model is more time consuming in all aspects of its 
development, but not so time consuming that larger groups of participants than 
studied here could not be analysed. However, given that both models have 
provided similar findings when comparing two groups, the ultimate choice of 
model should depend on the level of detail required by the research questions. 
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For example, if comparison of time histories is required then the 2D model allows 
for SPM analysis to be conducted and the timing of any differences between 
groups or interventions can be discerned. If on the other hand an examination of 
the location of peak stresses is required, then the finite element model is best 
suited to this task. It remains unclear how the models would compare when 
assessing within-participant differences, and whether any relative differences 
would be similar between modelling approaches.  
Finally, when considering the results of both these models the reliability of the 
input data should be examined to ensure confidence in the outcome variables. 
Both models are sensitive to the pitch of the metatarsal, which was calculated 
from two markers on the metatarsal. The markers’ spatial locations were 
measured using Coda CX1 units with a stated error of less than 0.05 mm in any 
direction. A simple geometry calculation reveals that if each marker were reported 
with the maximum error, the angle would be changed by 0.12 degrees. Marker 
placement can also be subject to human error. The  research in this thesis 
involved a marker set based on the Oxford Foot model (Carson et al., 2001), and 
was applied to each participant’s foot in the order and manner specified in their 
training materials. Previous work investigating the reliability of this marker set has 
found a possible change of 3.14 ° in sagittal plane angles between marker 
sessions in adults during walking (Wright et al., 2011). This could have been 
compounded by alignment of MR data with the experimental coordinate system 
in the finite element model. Whilst all care was taken to reduce this variability in 
marker placement, the finite element model shows approximately one MPa 
difference in peak stress for each degree of pitch. This suggests the magnitudes 
of peak stress reported from the 3D model in this thesis may have inaccuracies 
of ± 3 MPa. 
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The pitch angle used in this thesis was calculated as a vector angle between the 
floor and the metatarsal markers, and therefore does not account for any 
movement of the foot away from the laboratory defined anterior-posterior axis 
that may have occurred during running. Both models therefore make the 
assumption that the anterior-posterior ground reaction forces act along the plane 
formed by the longitudinal axis of the bone and the floor rather than at an angle 
to it. Adjustment to include this would involve scaling the anterior-posterior ground 
reaction forces and inclusion of a component of the medio-lateral ground reaction 
forces. However, neither model is sensitive to the horizontal forces with a one 
Newton difference leading only to 0.03 MPa difference in stress in the finite 
element model. In the beam theory model a change of 10% in horizontal force 
under the metatarsal head leads only to a 0.6% change in dorsal stress. The 
movement of the markers out of the anterior-posterior plane may also adjust the 
pitch angle of the metatarsal, to which the model is shown to be sensitive. 
Cavanagh (1987) suggests that an abduction angle of approximately 5.1° is 
typical during running at a moderate speeds. Using a sample of data from the 
present study, an adjustment of one marker out of plane by this angle would 
change the pitch angle by approximately 0.2°. 
The models were found to be reasonably sensitive to force input data. A 10% 
change in vertical ground reaction force yields a change of 8.9% in the peak 
dorsal compressive stress for the beam theory model, whilst the finite element 
model was found to be sensitive to the joint contact forces calculated from forces 
under the toe. These data were calculated from both force plates and pressure 
plates. Low and Dixon (2010) conducted a study using pressure insoles, finding 
that the reliability generally excellent (Intra Class Correlation>0.75). Although this 
is for pressure insoles rather than a pressure plate, the technology used in the 
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equipment for this study is similar and the results of Low and Dixon (2010) are 
included here as indicators of reliability. A further study by Ferber et al. (2002) 
shows good reliability for ground reaction forces and sagittal plane kinematic 
variables in both between session and between day correlations (Intra Class 
Correlation>0.88). Both these studies give assurance of the reliability of the data 
used for input into both models presented in this thesis. 
7.2 Does Habitual Foot Strike Pattern Affect the Magnitudes of Stresses 
Experienced by the Second Metatarsal Bone during Running? 
This thesis presents two different modelling approaches to answer the same 
research question using a single data set. Both models produced similar 
outcomes and the conclusions from both are the same. 
The beam theory model looked only at stresses in the mid-shaft of the metatarsal 
but assessed stress across the whole of stance. The reported peak stress was 
the maximum stress calculated at any stance point. Conversely the finite element 
model assessed stresses across the whole of the bone, but only at three stance 
points. The point of maximum vertical ground reaction forces gave the greatest 
stress in all but one participant when using the finite element model and the beam 
theory model reported peak stress at approximately mid-stance in all participants. 
The time of peak vertical ground reaction forces were approximately mid-stance 
(mean 56% stance) in all cases. This suggests that regardless of the modelling 
approached used, the magnitude of metatarsal stresses at approximately 
midstance are the most important.  
It was hypothesised that the non-rearfoot group would run with greater loading 
under the metatarsals due to the nature of landing with the centre of pressure in 
a more anterior location on the foot than the rearfoot group and dispersing the 
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forces over a smaller area. It was further hypothesised that this greater external 
loading would lead to significantly greater peak stress in the non-rearfoot group. 
In both models the input forces and angles came from the same data set, and 
statistical comparison of the means of the two groups found that at the times of 
peak vertical ground reaction force, forces were significantly greater in the non-
rearfoot group compared to the rearfoot group, supporting the hypothesis. 
However, neither model demonstrated a significant difference in peak stresses 
between groups (beam theory model: NRF 244.73 MPa vs. RF 210.18 MPa 
P=0.249; finite element model: NRF 51.97 MPa vs. 40.62 MPa P=0.114) in 
contrast to the hypothesis.  
Effect sizes from the two studies were medium to large (Cohen, 1988). The beam 
theory model reported medium effect sizes of 0.5 and 0.4 for dorsal and plantar 
stress differences respectively whilst the finite element model reported larger 
effect sizes of 0.6, 1.0 and 1.0 at the times of maximum braking, maximum vertical 
ground reaction force and maximum propulsion respectively. These effect sizes 
indicate that whilst non-significant, there was a trend for bone stress to be greater 
in NRF runners than RF runners. Therefore, from the perspective of second 
metatarsal stress fracture injury risk, RF runners cannot be recommended to 
transition to a NRF strike. 
The participants included in this study were well habituated to their running 
technique and were all training on a regular basis with no reported injuries 
affecting their training frequency or duration, or which may have forced them to 
change their foot strike modality. These results suggest that whilst non-rearfoot 
runners do indeed experience higher forces under the metatarsal heads, this is 
unlikely to translate to meaningfully greater loading on the bone itself. It is likely 
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that a number of factors interact synergistically in order to produce this effect. In 
particular, there are slight non-significant differences in the angle of the bone at 
the point of peak stress, with non-rearfoot runners tending to have an angle that 
is three degrees steeper on average. From the sensitivity analysis conducted on 
the finite element model, it has been shown that an increase of 2.5° in the pitch 
angle of the bone can reduce the stress by several MPa, with similar results in 
the beam theory model.  
7.3 Modelling Conclusions 
Based on the outcomes of the statistical tests, both models provide similar 
answers to the research question “how does foot strike modality affect the 
magnitudes of stresses in the second metatarsal?” Given the similarity of results, 
both modelling methods should be considered useful tools for the estimation of 
internal metatarsal loading. However, given the large differences in stress 
magnitudes estimated by the models, care should be taken when comparing the 
results of either model to previous literature or to directly measured strains. This 
thesis used comparison with all three estimation methods in order to evaluate the 
models presented, concluding that both are valid methods for estimation of 
metatarsal stress, particularly when comparing two sets of values. However, 
neither can be used to determine the exact magnitude of stress with confidence. 
This is acceptable given that there is no known ‘threshold’ value for a stress 
magnitude that will trigger a bone remodelling response or the development of a 
stress fracture. 
7.4 Implications for Future Modelling Research 
Future research may seek to improve the bio-realism of the models and reduce 
their limitations. Although it is not possible to incorporate the full effects of soft 
tissues into a beam theory model, it should be possible to adjust the distribution 
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of loading from a point load at the metatarsal head to a distributed load, whereby 
some percentage of the forces act further up the metatarsal shaft. This could be 
done based on the plantar pressure distribution under the whole metatarsal. The 
benefit of this more complicated method for calculating bone stresses would be 
the output of more accurate bending moments as some forces would be applied 
closer to the fixed proximal end of the bone.  
For the finite element model, an additional layer of material could be added with 
the geometry and properties of a running shoe, allowing studies to be conducted 
with shod participants, which is more realistic for the running populations studied. 
This would allow the interaction of foot strike modality and footwear types to be 
investigated. 
Another area of interest for these models is the training of a machine learning 
algorithm to estimate the outcome stresses based purely on certain inputs. 
Despite the increased technical expertise required for the development of such a 
model, its usability once developed would make it an accessible tool for 
researchers with limited technical knowledge of finite element modelling or 
machine learning. Whilst the training of such an algorithm is time consuming, 
requiring many data points in order to be robust, once training is complete, further 
computations are very fast. A similar modelling study has been performed by 
Halloran et al. (2009) with success. 
7.5 Implications for Training 
This thesis studied participants assumed to be well-habituated to their shod foot 
strike who were assessed whilst running barefoot. Several participants changed 
foot strike when running barefoot, which may indicate that these participants were 
less well habituated than those who did not change between shod and barefoot 
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running. In the wider context there is a growing trend for runners to transition from 
one foot strike to another, and this may mean running populations are not always 
well habituated to the foot strike they are using. In particular transitioning from RF 
to NRF has increased in popularity recently (Hamill and Gruber, 2017), potentially 
influenced by suggestions that this is a more “natural” way to run. Confounding 
this, minimalist shoes and barefoot running are also more popular, in part due to 
popular running books such as “Born to Run” by Christopher McDougall and 
research suggesting that barefoot running is what humans were “designed” to do 
(e.g. Lieberman, 2012). Studies have associated the effects of transitioning to 
minimalist shoes on stress fractures of the metatarsals in several case studies 
(Cauthon et al., 2013, Salzler et al., 2012). However it is not clear whether this is 
due to the lack of cushioning or a transition to a more anterior landing pattern 
commonly reported when using these shoes (Firminger and Edwards, 2016). The 
research in this thesis does confirm that landing using a non-rearfoot modality 
leads to greater loading under the metatarsals, but in the well-habituated 
population studied, this does not translate to a significantly greater bone stress.  
Aside from stress fracture injuries, transitioning to a NRF strike has other reported 
benefits, such as reduced force loading rates (Futrell et al., 2020), which has 
been suggested to help to resolve some injuries, for example patellofemoral pain 
(Davis et al., 2020). However, gait retraining is a process that requires a 
significant time commitment, and sufficient feedback to ensure the new 
movement pattern is not in itself problematic. Specific programs used by 
clinicians may have a phase of learning the new movement (around 4 – 6 weeks) 
followed by several months of incremental increases in mileage and running 
intensity (Davis et al., 2020). This habituation time is important as it allows for the 
tissues of the body to adapt to new loads that may be placed on them by new 
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movements. This includes the remodelling process of bone. The results of this 
study are clear that by using a NRF strike, runners place more force under the 
metatarsal heads compared to RF runners. Less clearly, there is a moderate to 
large effect size for increased bone stresses in NRF runners compared to RF 
runners, but no statistically significant difference. In the case of changing from a 
RF to a NRF strike where the runner is not a non-habituated to the loading 
experienced, these increased forces could lead to clinically relevant increased 
bone stresses and via this mechanism increase the risk of metatarsal stress 
fracture. It is unclear whether differences in metatarsal loading would exist in a 
RF runner who transitions to a NRF strike. It has previously been suggested that 
when changing foot strike pattern, the characteristics of the new pattern are 
exaggerated by the runner in the short term (Boyer et al., 2014, Rice and Patel, 
2017). Running with an exaggerated NRF strike, whilst unaccustomed to this 
mode of loading, may increase the risk of metatarsal stress fracture. Therefore 
transitioning from one footstrike to another cannot be recommended based on 
this research.  
Both models appear sensitive to the pitch angle of the metatarsal, which implies 
that the orientation of the foot is important to the development of stresses in the 
bone when forces are applied via the ground. The finite element model was also 
sensitive to the joint contact forces applied to it, which may partly explain why 
measurement of external forces alone is not a useful indicator of the internal 
loading. The contact forces were calculated using a quasi-static method and 
incorporated the plantar tendon forces, therefore these forces should also be 
considered important to the magnitude of stresses experienced by the 
metatarsal. The fact that multiple factors influence metatarsal stress magnitudes  
can go some way to explaining the variation in location on the bone that stress 
185 
 
fractures are observed (Orava, 1980). In addition the metatarsals examined in 
this thesis showed variation in their geometry, and in the beam theory model 
geometry was shown to influence the areas of greatest stress. Although it 
remains unknown what magnitude of stress should be considered high enough 
to cause a stress fracture in any particular person, greater loading is still held to 
be the general mechanism by which the bone is subjected to microdamage, which 
may lead to stress fracture. Based on this research it is unlikely that the 
development of high stress magnitudes in the second metatarsal during running 
is due to only one training factor, but may be a combination of factors which need 
researching and addressing independently. The findings presented in this thesis 
suggest that foot strike modality alone does not influence the maximum stress 
magnitude during running.  
7.6 Implications for Future Research 
This thesis has developed two models for estimating stresses in the metatarsals 
during running for use in applied studies. In this thesis it was shown that greater 
externally-measured forces do not always correspond to greater internal loading. 
This suggests that future research investigating internal loading and inferring 
injury risk from this should not assume that differences in externally measured 
forces will correlate to differences in internal forces. Future research should make 
use of participant-specific methods of estimating internal loads from external 
measures, of which the models presented here are examples.  
It has been established that when examining the effects of foot strike during 
running it is often confounded by factors such as footwear and level of 
habituation. It may be beneficial for future work in this area to improve 
understanding of how these factors influence the magnitudes and distributions of 
stresses in the metatarsals independently. For example, a study utilising in-shoe 
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pressure measurement insoles and the inclusion of a shoe sole layer in the finite 
element model would be useful in understanding the role of differences in 
cushioning in shoes on peak metatarsal stress. A second example would be to 
investigate the stress magnitudes of poorly habituated participants, such as 
asking a group to run with several different modalities and comparing the effect 
on modelled stresses. Finally, future research to provide an indicator of the 
ecological validity of the modelling approach, without necessarily validating the 
absolute magnitudes would be valuable. This could be achieved by assessing 
peak stress in runners at the start of a lengthy training programme and quantifying 
bone oedema pre- and post-. This would provide an indicator of the remodelling 
response and could be associated with baseline stress magnitudes. Future work 
in this area is important to ensure an understanding of the development of stress 
fractures, and ultimately to give the best possible advice to allow more people to 
run injury free and increase their overall health and wellbeing. 
7.7 Conclusions 
This thesis has used two differing modelling approaches to investigating second 
metatarsal stresses in habitual rearfoot and non-rearfoot runners. The main 
conclusions drawn from the work are as follows: 
1. External force measurements under the second metatarsal head are not 
representative of stress magnitudes on the second metatarsal and 
therefore should not be used in isolation to infer stress fracture injury risk. 
2. Habitual rearfoot strikers and habitual non-rearfoot strikers experience 
similar second metatarsal stress magnitudes during running despite non-
rearfoot strikers experiencing greater vertical ground reaction forces under 
the metatarsal head. 
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3. The 2D beam theory model and the 3D finite element models presented in 
this thesis are both useful tools for investigating second metatarsal 
stresses and led to similar conclusions when comparing rearfoot and non-
rearfoot runners. However, both models are best suited to investigating 
differences in stresses between- or within-groups rather than quantifying 
absolute stress magnitudes. 
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Appendix 1 - Manual Zone Adjustment within RSscan Software 
To identify the cells on the pressure plate corresponding to the second metatarsal 
head and second toe the mask function in the RS Scan software was used. The 
manual procedure followed has documented excellent intra- and inter-observer 
reliability (ICC ≥ 0.995 and 0.985 respectively with P < 0.001) (Rice, 2015). In 
brief the steps are as follows. 
1. Adjust the size and position of the last, to accommodate the outline of the 
foot. 
2. Adjust the two horizontal lines separating the metatarsal heads from the 
toes and midfoot. 
3. Adjust the vertical lines separating the rays of the foot. Individual toes were 
used to estimate these positions. 
4. Make any corrections using the individual cell painter. The cells were 
checked against the pressure distribution to ensure closeness of fit. 
5. A mask that is not a region of interest (i.e. metatarsal 5) was used to divide 
the second toe from the remaining toes. 
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Appendix 2 – Inter-Segmental Foot Kinematics during Running 
with Different Habitual Foot Strike Patterns 
It has been observed that foot strike influences the kinematics between the foot 
and the shank, with greater dorsiflexion range of motion observed in those who 
run with a forefoot than a rearfoot strike (Laughton et al., 2003, Nunns et al., 
2013, Dorsey et al., 2000) and greater rearfoot eversion range of motion in those 
who run with a forefoot than a rearfoot strike (Dorsey et al., 2000, Nunns et al., 
2013). However, these findings have been observed when the foot has been 
simplified into a single rigid segment. The foot is in fact a highly complex multi-
segment structure. The aim of this section is to characterise the inter-segment 
foot kinematics of rearfoot and non-rearfoot strike runners. It was hypothesised 
that there would be greater range of motion between segments in runners who 
run with a non-rearfoot strike compared with those who run with a rearfoot strike.  
Data for this appendix is taken from the data set collected in Chapter 3 using the 
marker sets shown in Figures 60 - 62. Briefly, inter-segment foot kinematic data 
were collected from 18 participants and a static trial obtained whilst standing in a 
relaxed position. The value of each inter-segment angle during standing was 
subtracted from each corresponding angle during dynamic trials. The dynamic 
trials were first reviewed to ensure sufficient marker tracking in at least 5 trials 
per participant. Five participants were removed from the analysis for this reason. 
The static trials were then reviewed and where there was insufficient marker data 
to define a particular segment, that angle was excluded for that participant whilst 
their other angles were included. The exclusions due to static trials only occurred 
in the rearfoot strike group, such that time histories were averaged from three or 
four participants in this group, compared with 6 in the non-rearfoot strike group. 
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Five trials from each of the 11 included participants were analysed. Participants 
were categorised according to their corresponding pressure data as either 
rearfoot (n = 5) or non-rearfoot (n = 6) strikers. Euler angles in three planes were 
extracted to determine the angle between the following segments: hindfoot in 
relation to the tibia; forefoot in relation to the hindfoot; forefoot in relation to the 
tibia. Additionally, a two-dimensional vector angle between the hallux and first 
metatarsal was obtained in both the sagittal and frontal plane. Angles were time-
normalized to 101 points and averaged for each participant. Group mean time 
histories were presented for each foot strike classification (Figures 63 to 65).  
 
Figure 60: Markers of the leg and medial aspect of the foot 
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Figure 61: Markers of the lateral aspect of the foot 
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Figure 62: Markers of the rear aspect of the foot 
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Figure 63: Sagittal plane angles between rigid foot segments during running stance in rearfoot strike and 
non-rearfoot strike runners. 
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Figure 64: Frontal plane angles between rigid foot segments during running stance in rearfoot strike and 
non-rearfoot strike runners 
 
Figure 65: Sagittal plane vector angle between the hallux and first metatarsal during running in rearfoot 
strike and non-rearfoot strike runners. Note the RFS group includes only two participants. 
Range of motion is not influenced by the static angle, therefore was obtained from 
all 11 participants. Range of motion in the sagittal plane and frontal plane was 
reported for the angle for which it was most relevant. These values are presented 
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in Table 17. Note that in the frontal plane, due to the shape of the curves, the 
range of motion between forefoot and rearfoot was not obtained, whereas it was 
obtained between the forefoot and tibia. However the figure displaying the 
average frontal plane angle between forefoot and tibia is not presented, as there 
were too many exclusions due to unusable static trials. Independent t-tests were 
conducted to identify differences between groups, but there was insufficient 
power for this to be meaningful.  
Table 17: Range of motion in degrees between foot segments during running stance in the sagittal and 
frontal planes 
ROM (°) 
Mean (SD) 
RFS (n = 5) NRFS (n = 6) 
Sagittal plane   
RF_Tib 23.5 (2.8) 32.0 (8.6) 
FF_RF (TD to Peak) 2.8 (3.0) 4.4 (3.7) 
FF_RF (Min to Max) 9.1 (2.0) 10.4 (3.3) 
FF_Tib 28.1 (2.7) 35.7 (7.3) 
Frontal plane   
RF_Tib 8.8 (2.7) 11.0 (5.1) 
FF_Tib 11.2 (4.7) 9.4 (4.1) 
Note: TD to Peak is the angle between touchdown and the peak value, whereas Min to Max is the 
difference between the local minima and local maxima.  
These values would tend to support previous literature suggestions of a greater 
range of motion in the sagittal plane between the rearfoot and tibia, and forefoot 
and tibia in non-rearfoot compared with rearfoot strikers. This does not appear to 
be the case in the frontal plane. 
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Appendix 3 – Graphical Representations of all Metatarsal 
Bones at the Time of Greatest Braking and Propulsive Forces 
 
Figure 66: Finite element representations of the stress distribution on all participant’s metatarsals at the 
point of greatest braking forces, dorsal aspect. Figures are scaled for presentation purposes. 
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Figure 67: Finite element representations of the stress distribution on all participant’s metatarsals at the point 
of greatest propulsive forces, dorsal aspect. Figures are scaled for presentation purposes. 
 
